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ABSTRACT
Adriana M. Holmes
University o f Windsor
The Effect of Leg Muscle Activation State and Localized Muscle Fatigue on Tibial
Response During Impact
The purpose of this study was to examine the effects of activation state, localized
muscle fatigue (LMF), gender, and muscle on the tibial response parameters (TRPs)
measured at the knee during heel impacts. A human pendulum apparatus delivered
consistent impacts to the unshod, right (dominant) heel of 15 females and 15 males (mean
age 22.6 ± 1 .4 years, body mass 71.7 ± 15.1 kg, and height 1.74 ± 0.11 m). The tibialis
anterior (TA: Session 1) and lateral gastrocnemius (LG: Session 2) muscles were
examined using electromyography to allow voluntary contraction o f various activation
states [baseline, 15%, 30%, 45%, 60% of the maximum activation state (MAS)], and to
assess LMF. Subjects were successfully able to voluntarily contract their muscle to the
required activation states. A skin-mounted uni-axial accelerometer, pre-loaded and
placed medial to the tibial tuberosity allowed the determination o f the TRPs. There were
significant decreases in peak tibial acceleration (PA; p = 0.0001) during fatigue of the
TA, when compared to the baseline state. An increase in the time to peak tibial
acceleration (TPA; p = 0.006) and decrease in acceleration slope (AS; p = 0.001)
occurred during fatigue when compared to baseline, and at fatigue when compared to
15% through 60% of the MAS, respectively, during testing of the TA in female subjects.
Slight increases in PA and AS, and a decrease in TPA as the activation states increased
were indicated for the TA. No significant PA results were found during LG testing. In
contrast to the TA findings, there was an increase in the TPA (p = 0.006) for each gender;

in
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and a decrease in AS (p = 0.001) for the female subjects as the activation state rose above
the LG baseline state. Decreases in mean power frequency of at least 26% were seen
across gender and muscle, ensuring that the fatiguing protocol induced LMF. Overall
results suggest increased stiffness within the TA muscle as the activation state increased;
followed by decreased stiffness at fatigue. The decreased stiffness during LMF enabled
increased attenuation o f the impact forces, as measured in accelerations at the knee.

iv
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Kinematics: the description of motion through examination of the positions o f body
segments and joints
Lateral Gastrocnemius (LG): most superficial muscle within the posterior compartment
of the shank; primary plantarflexor of the foot
Leg: the segment o f the human body between the knee and the foot
Maximum Activation State (MAS): the maximum amount of electromyography
activation recorded when the subject performed a maximum voluntary contraction
Maximum Voluntary Contraction (MVC): the maximum isometric contraction a
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Mean Power Frequency (MPF): the mean (average) frequency o f the power density
spectrum
Muscle Tuning: an alteration in the activation level of a muscle
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(units = g)
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Power Density Spectrum (PDS): represents the squared amplitude of every frequency in
the myoelectric signal, calculated through a Fourier Analysis
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Tibialis Anterior (TA): superficial muscle within the anterior compartment of the shank;
primary dorsiflexor o f the foot
Time to Peak Acceleration (TPA): the time in ms between the onset of the acceleration
waveform and the PA; (units = ms)
Weight Bearing Activity: any form of movement that used either the force of the
subject’s own body weight or the force from equipment, beyond that used during daily
living activities
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Chapter I
INTRODUCTION
Running has become one of the most popular forms of exercise used today to
improve cardiovascular health and physical well being, with millions of recreational
runners taking part in such activities (Voloshin, Mizrahi, Verbitsky, & Isakov, 1998).
However, negative effects of running may be seen as an increase in the incidence of
repetitive loading injuries (Keller, Weisberger, Ray, Hasan, Shiavi, & Spengler, 1996).
Runners who have high-frequency loading at heel strike may be at risk for a degenerative
joint disease, although a higher incidence of osteoarthritis was not found when comparing
runners as a whole to non-runners (Cole, Nigg, van den Bogert, & Gerritsen, 1996). In
addition, assumptions have placed the intensity of impact associated with external loading
conditions at the forefront for the high incidence of chronic running injuries (Cole, Nigg,
Fick, & Morlock, 1995). Examples of these injuries may include muscle strains, ligament
sprains, bruising, tendonitis, or bursitis. These findings lead us to believe that extraneous
variables not inherent to, but associated with running, may play a role in the incidence of
shock related injuries.
When the foot collides with the ground during running, there is a ground reaction
force that occurs in response to the collision, commonly referred to as an impact force.
The impact peak force appears within 50ms after the first contact between the two
surfaces, causing a shock wave to travel through both skeletal structures and soft-tissue
components of the human body from the foot to the head (Nigg, Bahlsen, Luethi, &
Stokes, 1987; Nigg & Liu, 1999; Wakeling, Liphardt, & Nigg, 2003). The ability to

1
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attenuate the shock wave, thereby lowering the forces placed on the body structures, will
have an effect on the shock related injuries during running.
Anatomical structures (including the heel pad, muscles, ligaments, tendons,
articular cartilage, and bone) passively aid in attenuating the shock wave passing through
the body segments (Chu,Yazdani-Ardakani, Gradisar, & Askew, 1986; Hamill, Derrick,
& Holt, 1995; Lafortune, Lake, & Hennig, 1996). At the same time, active attenuation of
the shock wave can be made by manipulating the body’s kinematics and joint positions
(Hamill et al„ 1995).
Changes in muscle activity in the lower extremities during the pre landing or
impact phase of running have been found to be partially responsible for joint stiffness and
the coupling between rigid and wobbling masses (Nigg & Liu, 1999). During running,
the impact force peaks may be altered by changing muscle activity, thereby varying the
stiffness and damping of the body (Nigg & Liu, 1999). ‘Muscle tuning’ is the term used
to describe an alteration in the activation level of a muscle (Boyer & Nigg, 2004; Nigg &
Liu, 1999; Wakeling & Nigg, 2001a and b; Wakeling, Von Tschamer, Nigg, & Stergiou,
2001; Wakeling et al., 2003), and is thought to be employed during running situations, to
minimize the soft tissue vibrations experienced after impact (Wakeling & Nigg, 2001b;
Wakeling et al., 2001; Wakeling et al., 2003). Essentially, shock wave vibrations may be
decreased by changing the muscle tuning (or the percentage of muscle activation)
properties of the lower extremity segments. The effect of muscle tuning has been
determined by the soft tissue vibrations and frequency characteristics measured by
accelerometers placed on bony landmarks (Wakeling & Nigg, 2001a and b). Muscle
activation can be controlled in a laboratory setting by monitoring the intensity of the
myoelectric signal within the muscle at impact (Wakeling et al., 2001).
2
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Tuning effects have yet to be studied by voluntarily manipulating the activation
level of a muscle and measuring the response of the tibia via parameters such as peak
acceleration (PA), time to peak acceleration (TPA), and the acceleration slope (AS).
From this data, dissipation differences between various states of activation within a
muscle could be assessed by alterations in the tibial response parameters after impact.
Practical implications of the ability to change the activation level of a muscle may be
essential during running when an athlete must adjust their leg stiffness, to accommodate a
change in the surface stiffness (Ferris, Liang, & Farley, 1999), or an alteration in stride
frequency (Ferris & Farley, 1997; Farley & Gonzalez, 1996).
During their examination of muscle tuning, Wakeling and Nigg (2001b) found
significant effects of gender on frequency and damping coefficients during isometric
tests. A possible explanation for this difference may lie in another finding of their study:
it was noted that an increase in muscle mass will decrease both the frequency and
damping coefficients of the system during a simple damped oscillation. Interactions
between gender and muscle mass were not calculated to determine if there was a
correlation that accounted for the differences (Wakeling & Nigg, 2001b).
Gender differences have also been found when examining the fatiguing process of
the body. Physiological responses to fatigue were found to vary (Kent-Braun, 2002), and
time to task failure differed (Hicks, Kent-Braun, & Ditor, 2001; Hunter, Critchlow &
Enoka, 2004; Hunter & Enoka, 2001) when gender was examined. If one gender fatigues
sooner, significant differences in the tibial response parameters may be recorded.
Due to its effect on changing running mechanics or shock absorbing capabilities,
it has been hypothesized that muscle fatigue may be responsible for many running
injuries (Christina, White, & Gilchrist, 2001). Several authors agree that fatigue dampens
3
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the shock absorbing properties of muscles, reducing the ability to dissipate shock waves
(Mizrahi, Verbitsky, & Isakov, 2000a; Voloshin et al., 1998). However, the method
predominately used to measure fatigue is a measure of end tidal carbon dioxide pressure
(PETCO2 ), which can only account for cardiovascular or whole body fatigue (WBF)
(Mizrahi et al., 2000a; Voloshin et al., 1998).
In 2001, Christina et al. realized that local muscle fatigue (LMF) must be
examined during running to properly assess changes in the shock absorbing capabilities of
fatiguing muscles. LMF was found to reduce the ability to dissipate shock waves in a
similar manner to results found during WBF (Christina et al., 2001). A limitation of their
method was a lack of control over impact conditions. Subjects were allowed to run on a
treadmill, where there may be alterations in joint and segment kinematics between
successive strides, which can also change shock wave dissipation.
In 2004, Flynn, Holmes, & Andrews attempted to correct this by using the human
pendulum method, similar to Lafortune and Lake (1995), to control initial impact
variables. Results of the fatiguing properties of the leg differed from those acquired
during WBF, and from those of Christina et al. (2001). LMF was found to cause a
decrease in the AS and the PA after impact (Flynn et al., 2004). Pain and Challis (2001)
determined that a softer structure (i.e. wobbling mass) attenuates more force than a rigid
structure (i.e. tibia), increasing the amount of energy loss. It has also been suggested that
when the leg was locally fatigued, the muscle became less stiff, allowing greater
attenuation of the impact shock, leading to the decrease in the PA and AS (Flynn et al.,
2004).

4
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1.1 Statement of Purpose
The purpose of this study is threefold:
i) To quantify the effect of a range of activation states within the tibialis anterior and
lateral gastrocnemius muscles on tibial response parameters during impact. The muscle
was contracted at 15%, 30%, 45%, and 60% of subjects’ maximum activation state.
ii) To quantify the effect of voluntarily induced local muscle fatigue of the tibialis
anterior and lateral gastrocnemius muscles on tibial response parameters during impact.
iii) To quantify the effect of gender on tibial response parameters during impact, by
examining the tibialis anterior and lateral gastrocnemius muscles. Healthy women and
men aged 18-25 years was compared during a range of muscle activation states and
fatigue.
1.2 Statement of Hypotheses
It is hypothesized that:
i) As the activation level at impact in each muscle rises from 15%, to 30%, to 45%, to
60% (of the MAS), the muscle will become more rigid, and will be less equipped to
attenuate impact shock. Therefore, as the activation level of the muscle increases, the
magnitude of peak tibial acceleration and rate of increase in the acceleration slope will be
greater, and the time taken to reach peak tibial acceleration will decrease.
ii) Greater attenuation of the impact shock of the leg will occur following local muscle
fatigue. Greater attenuation will be reflected in significant decreases in the peak tibial
acceleration and the acceleration slope following fatigue, as compared to the baseline
activation state. In addition, there will be an increase in the time taken to reach the peak
tibial acceleration.

5
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iii) Gender differences will be found in all tibial response parameters measured at the
knee, including the peak tibial acceleration, the rate of increase in the acceleration slope,
and the time taken to reach peak tibial acceleration.
When examining the activation states, significant differences will be seen because gender
plays a role on the frequency and damping coefficients during isometric tests (Wakeling
& Nigg, 2001b). In addition, males tend to fatigue more rapidly than females due to the
increase in absolute force as a result o f their larger muscle masses (on average) (Hicks et
al., 2001; Hunter et al., 2004; Hunter & Enoka, 2001). It is expected that the larger
muscle will be more susceptible to localized fatigue, and that this will be reflected in the
differences in the tibial response parameters.
iv) The lateral gastrocnemius muscle will attenuate the shock from impact more than the
tibialis anterior muscle during the individual activation states, and following local muscle
fatigue. The magnitude of peak tibial acceleration and rate of increase in the acceleration
slope will be less for the lateral gastrocnemius, while the time taken to reach peak tibial
acceleration will increase over that of the tibialis anterior.
Holmes (2003) showed that the magnitude o f the mass o f the lateral gastrocnemius and
tibialis anterior muscles did not affect the tibial response o f the leg. However, the
interaction between the magnitude o f the mass and the activation state o f the muscle has
not been explored, and is expected to show significant differences between the two
muscles. In regards to the fatiguing muscles, the lateral gastrocnemius has a larger
muscle mass, and is expected to fatigue faster due to the increase in absolute force as
compared to the tibialis anterior. It is expected that the lateral gastrocnemius will be
more susceptible to the fatiguing condition, leading to the significant differences in the
tibial response parameters.
6
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Chapter II
LITERATURE REVIEW
2.1 Impacts during Running
Impact forces occurring during running result when the foot collid es with the

surface of the ground. This collision produces a ground reaction force (GRF), equal in
magnitude and opposite in direction to the applied force. The GRF curve displays the
magnitude of the reaction forces. The slope of the GRF curve (the change in force
divided by the change in time) represents the rate of loading (N/s). During heel-toe
running, the impact force reaches its highest peak (the impact peak in Figure 1) within
50 ms after initial contact (Gruber, Denoth, Stuessi, & Ruder, 1987; Wakeling et al.,
2003; Wakeling & Nigg, 2001a; Wakeling et al., 2001; Wright, Neptune, van den Bogert,
& Nigg, 1998), with a force of between one and three times that of body weight (BW)
(Keller et al., 1996; Wright et al., 1998).
In addition to this initial impact peak, a second peak can be seen in the vertical
component of the GRF time history (Figure 1). This additional peak is generally referred
to as the active force peak, while the impact peak is considered a passive force peak.
Each can be described in terms of their power density spectrum (PDS) observed at the
shank during running. The impact region is comprised of middle frequencies within the
range of 10-20 Hz, whereas the active region is filled with low frequency motion within
the range of 4-9 Hz (Hamill et al., 1995; Mizrahi, Verbitsky, & Isakov, 2000b).
These frequency components are of great importance because the initial footground contact generates a shock wave that travels through the musculoskeletal system
from the feet to the head (Lafortune, Lake, & Hennig, 1996). The impact force creates
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oscillations in the wobbling structures of the body which may induce resonance in those
structures if their natural frequencies are similar to the frequency of the impacting force
(Wakeling et al., 2003). In 1999, Nigg and Liu proposed that the impact forces generated
during ground contact were responsible for the development of running injuries.
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Figure 1. Typical ground reaction force curve for heel-toe running.
(Modified from Hall, 2003, pp. 386)

2.2 Force Attenuating Mechanisms
Due to the potentially injurious effects of impact forces, one of the most important
functions of the human musculoskeletal system is the attenuation and dissipation of the
shock waves traveling upwards through the body after foot-ground contact (Voloshin et
al., 1998). Each tissue component of the human leg plays a different role in attenuating
the shock waves. Prior to the wobbling mass model created by Gruber et al. (1987), only
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rigid models representing the bone in the leg were used to study impacts. However, it is
known that cartilage (Chu et al., 1986; Fukuda et al., 2000), bone (Arndt, Ekenman,
Westblad, & Lundberg, 2002), the heel pad (Gefen, Megido-Ravid, & Itzchak, 2001), and
soft tissues such as muscle (Pain & Challis, 2001), all help to attenuate the shock wave
traveling through the body.
2.2.1 Cartilage and Bone
Bones and cartilage aid in attenuating some force generated through impacts.
Cartilage and menisci (in the knee joint) have been found to play vital roles in distributing
stress and attenuating shocks during loading, creating some protection for underlying
subchondral bone (Fukuda et al., 2000). In 1986, Chu et al. determined that disruption to
the articular cartilage, meniscus, or underlying bone at the knee increased the impulsive
forces at impact, and reduced the capacity of the knee joint to attenuate the forces.
Ultimately, this led to the disruption of the attenuation of forces of all structures along the
path of impulse wave propagation. Insufficient attenuation by shock absorbers has been
listed as a predecessor for micro-damage of subchondral bone, which could lead to
articular cartilage degeneration and the onset of osteoarthritis (Wosk & Voloshin, 1981).
Bones undergo ‘tension unloading’ cycles between compressive peaks that allow
the release of some energy due to impact forces (Arndt et al., 2002). However, bone is
weakest in tension (Mizrahi et al., 2000a; Yoshikawa et al., 1994). It has been observed
that co-contraction of antagonist muscles assist the shock absorbing capabilities of the
bone by decreasing the bending stress and shank impact caused by initial heel contact
(Mizrahi et al., 2000b; Voloshin et al., 1998).
During landing in sports, high accelerations of the human body are experienced
(Gruber et al., 1987). For this reason, rigid models are not acceptable to study this type of
9
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motion. The wobbling mass reacts much slower than the skeletal parts of the body during
high accelerations, and therefore must be accounted for in models concerned with force
attenuation (Gruber et al., 1987).
2.2.2 The Heel Pad
The heel pad is comprised of the fatty tissue under the heel bone (Aerts, Ker, De
Clercq, Ilsley, & Alexander, 1995), and functions to protect the heel bone by absorbing
impact energy (Gefen et al., 2001). The average thickness of the adult male heel pad is
approximately 18 mm (Aerts et al., 1995; Gefen et al., 2001), and variations in the
thickness have been found to cause an almost proportional change in the maximum
amplitude of the impact force (Aerts et al., 1995; Giiler, Berme, & Simon, 1998). When
the heel pad is not included in impact models, the force of the vertical impact peak
increases, and the duration of the time to peak force decreases following heel strike
(Salathe, Arangio, & Salathe, 1990). Compression of the heel pad can occur very rapidly,
deforming up to 40% after impact to dissipate energy as it passes through the system
(Gefen et al., 2001).
Depending on the methodologies involved in testing the heel pad, large variations
can be found between in vivo and in vitro measurements. In vivo tests normally consist
of either a pendulum or drop test, while in vitro experiments rely on a portion of the lower
limb of a cadaver placed in a machine for testing. The stiffness of the heel pad seen
during in vivo testing on average is approximately 150 kN/m, with measured energy
losses of up to 95% after impact (Aerts et al., 1995; Pain & Challis, 2001). It was also
noted that as the impact velocity increased, an increased stiffness was seen in the heel pad
(Aerts et al., 1995). In vitro testing revealed stiffness measurements between 900-1445
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kN/m for the heel pad, with much lower energy dissipation levels of about 30% of the
impact force (Aerts et al., 1995; Pain & Challis, 2001).
The ‘Lower Leg Effect’, proposed by Aerts et al. (1995), describes the large
amount of variance between the two stiffness testing measurements. This effect is based
on the premise that the ankle-leg-knee system (as opposed to only the heel pad during in
vitro tests) accounts for the difference between the stiffness levels and energy loss of the
two experimental setups. It also implies that if the tests were conducted in a similar
manner, the results would be in much better agreement. The increase in stiffness seen
during in vitro testing decreases the amount of energy dissipation. Softer structures, like
the wobbling mass apparent in the leg, attenuate more force, thereby generating a more
substantial energy loss. In vivo methods take not only the heel pad into account, but also
the significant shock attenuation generated by the wobbling mass of the leg.
2.2.3 The Wobbling Mass
The wobbling mass refers to all non rigid parts of the body, for example: muscles,
soft tissues, tendons, and ligaments (Gruber et al., 1987; Yue & Mester, 2002) attached to
the skeletal frame via elastic and viscous connections (Liu & Nigg, 2000). The mass
moves independently of the rigid skeleton, creating a phase lag in which the wobbling
mass lags behind the rigid segment (Pain & Challis, 2001; Yue & Mester, 2002). During
the first 10-30 ms after the initial impact of the foot, the mass begins to wobble in a
complex damped manner, for one to three oscillations (Gruber, Ruder, Denoth, &
Schneider, 1998; Wakeling & Nigg, 2001a). After the initial impact phase
(approximately 30 ms), the displacements of the wobbling mass are negligible, and the
accelerations seen at the knee joint closely correspond to a model employing only rigid
parts (Gruber et al., 1998).
11
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The deviance seen between the oscillations of the wobbling versus rigid masses
initially after impact reaffirms the need to incorporate the wobbling mass into all models
assessing an impact (Gruber et al., 1987; Nigg & Liu, 1999; Liu & Nigg, 2000),
especially those examining the impact force peak during an impact. Simply modeling the
body based on the rigid skeletal frame does not represent the unique functioning of the
musculoskeletal system and different body tissues. Gruber et al. (1987) developed the
‘wobbling mass model’, consisting of rigid parts representing the bones, and soft parts
representing the wobbling mass, capable of moving rotationally and translationally
relative to the bones. The wobbling mass model allowed a more accurate representation
of the human body during impact situations.
When a rigid model was compared to a musculoskeletal muscle (incorporating
wobbling masses), a higher impact peak was observed in the rigid model (overestimated
the actual peak by 26%) (Gerritsen, van den Bogert, & Nigg, 1995). In addition, the
loading rate increased dramatically (by 155%), and there was a much steeper vertical
GRF curve in the rigid model, due to the lack of muscles aiding in energy dissipation
(Gerritsen et al., 1995). When examining pendulum based measurements, the wobbling
mass model (used by Pain & Challis, 2001) demonstrated a very substantial energy loss
when compared to a rigid body model. For these reasons, during impact studies,
modeling of the human body using only rigid segments is simply not appropriate (Liu &
Nigg, 2000).

12
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2.3 Components affecting Force Attenuation
In addition to the anatomical structures that attenuate impact forces, many changes
in the body can affect the ability of the segments to dissipate energy after the initial heelground contact.
2.3.1 Knee Angle and Position
Lafortune, Lake, and Hennig (1996) found that the knee angle during foot-ground
contact had an influence on the attenuation of the impact load and on the transmission of
shock during running. This agrees with the data of Gerritsen et al. (1995) that showed a
more extended knee caused a higher impact force (creating a 68 N increase in force for
every additional degree of knee extension).
Alterations to the angle of the knee can contribute to modifications in the
vibration characteristics of the leg. Lafortune, Lake, and Hennig (1996) and Lafortune,
Hennig, and Lake (1996) examined the effect of knee flexion by taking extensive
measurements for peak forces, time to the peak forces, the magnitude of shank and head
shock, the ratio of head to shank shock (termed impact shock peak ratio), and the
effective axial stiffness of the body (EASB). Larger knee flexion angles at impact were
found to improve the attenuation of shock by the body, decrease the impact shock peak
ratio, and improve the filtering of all shock frequencies above 5 Hz. The EASB
decreased (by almost 20 kN/m) as the knee angle increased from full extension to 40°,
and there was a reduction in the power between 5-45 Hz in terms of the amount of shock
measured at the head. Wakeling and Nigg (2001a) found that the damping coefficients
and the damped natural frequencies both increased with increasing knee flexion through a
range of 20-60°, creating greater attenuation of forces.
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Farley and Gonzalez (1996) also observed a decrease in the stiffness of the leg
when runners increased knee flexion (termed ‘Groucho running’). Ultimately, an
increased angle of knee flexion considerably decreases the stiffness of the leg, allowing a
reduction in the transmission of force to higher body parts as the shock wave passes to the
head.
Knee angle must be taken into consideration when studying in vivo locomotion.
Any change to the angle of the knee will also alter the proximal and distal joint
kinematics, the leg muscular activity, and the impact load severity (Lafortune, Lake, &
Hennig, 1996). Although a knee angle of 20° reduces the magnitude of the impact force
through attenuation, it is a leg posture that was employed by Wakeling et al. (2001) to
resemble the posture of the leg during walking and running. When conducting research
with a pendulum impact, it is extremely important to keep the angle of the knee in a
constant position, because any deviation may produce results that do not directly reflect
the impact, but may be the result of the positioning of the lower leg.
2.3.2 Ankle Angle and Position
Ankle positioning also affects shock wave transmission. Gerritsen et al. (1995)
showed that foot angle had an effect on both the impact peak force and on the loading
rate, with increases in each as the angle of the foot decreased (dorsiflexion increased).
They also found that during a typical impact, the tibialis anterior (TA) absorbs
approximately 0.71J of energy. However, when plantarflexion increases the TA is
lengthened; resulting in a smaller impact force due to increases in energy absorption
(Gerritsen et al., 1995). Consistency in joint angles during impact studies would prevent
changes in energy absorption, to reflect the true attenuation properties when the foot is at
an angle that resembles that found during running.
14
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2.3.3 Leg Stiffness
Extensive research has been conducted concerning the stiffness of the leg and its
effect on impact parameters. Leg stiffness may be defined as the ratio of peak GRF to the
maximum displacement of the leg spring (comprised of the complex system of
musculoskeletal muscles, tendons, and ligaments all behaving as one linear spring)
(Farley & Gonzalez, 1996; Farley & Morgenroth, 1999). The amount of stiffness
associated with the leg may depend on the stiffness of the ankle and knee (Farley &
Morgenroth, 1999), the angle of the knee or ankle (Farley & Gonzalez, 1996; Farley &
Morgenroth, 1999, Lafortune, Hennig, & Lake, 1996), the amount of activation in the leg
muscles (Farley & Gonzalez, 1996; Nigg &Liu, 1999), the mnning velocity (Farley &
Gonzalez, 1996), stride frequency (Ferris & Farley, 1997), or the stiffness of the surface
being used to run on (Ferris & Farley, 1997; Ferris et al., 1999; Farley & Morgenroth,
1999). The magnitude of leg stiffness may be adjusted to accommodate changes in any of
these variables.
Farley and Morgenroth (1999) determined that a change in leg stiffness was
almost directly proportional to a change in ankle stiffness, and that ankle stiffness was the
primary mode for stiffness modulation during hopping. They also noticed the ability of
subjects to adjust their leg stiffness to accommodate an alteration in surface stiffness by
changing the stiffness of the ankle and the angle of the knee (Farley & Morgenroth,
1999). When runners land on a compliant surface, they tend to increase their leg stiffness
to decrease the energy absorption of their musculoskeletal system. This action increases
the energy absorption of the surface (Ferris & Farley, 1997), because less rigid surfaces
absorb more energy than rigid ones. It was shown that the leg stiffness of subjects
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increased up to 3.6 fold when moving from the stiffest to the least stiff surface (Ferris &
Farley, 1997).
Pain and Challis (2002) found an increase in the peak impact force, and a
decreased time to the peak force as the stiffness of the muscles was increased. Although
the study was conducted on the forearm, the results may be applicable to other segments
of the body, namely the leg. In fact, one would expect a more pronounced effect in the
leg, because the magnitude of the wobbling mass is greater than that of the forearm.
Running velocity and stride frequency also have huge effects on leg stiffness
modulation. To allow an increase in running velocity through a vast range of stride
frequencies, the stiffness in the leg may be increased by more than two-fold during
forward running (Ferris & Farley, 1997; Farley & Gonzalez, 1996). The main difficulty
found with self modulation of leg stiffness by runners is the substantial increase in the
rate of energy utilization to accomplish this task (Lafortune, Hennig, & Lake, 1996).
2.3.4 Surface Stiffness
Several authors have cited a change in leg stiffness to accommodate a modified
surface stiffness, with leg stiffness increasing up to 3.6 fold to accommodate a decreased
surface stiffness (Ferris & Farley, 1997; Ferris et al., 1999); thus, allowing the total
stiffness and ground contact time of the subject to remain unchanged. A more compliant
surface enables more energy to be stored in the elastic elements of the lower leg,
decreasing the impact force, therefore allowing less energy input from the subject (Ferris
& Farley, 1997; Lafortune, Hennig, & Lake, 1996).
2.3.5 Ground-Foot Interface
Shoe hardness seems to be of primary concern when attempts are made to design
the perfect running shoe. However, this area of design is plagued with inconclusive
16
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results and differing opinions. It has been shown that the vertical GRF was either not, or
negatively correlated with shoe hardness (Cole et al., 1995; Wright et al., 1998); and that
vertical loading rates seemed to increase with increasing shoe hardness (Wright et al.,
1998). Nigg and Liu (1999) found that vertical impact force, maximum loading rate, and
the deceleration of rigid and wobbling masses were higher when subjects wore ‘harder’
shoes. However, only a year later they discovered the same results to be non-significant
(Liu & Nigg, 2000). It seems that in general, the loading rates of hard shoes are faster
than those found in softer shoes, but the peak impact force shows no significant
differences between the two shoe designs. If footwear used by subjects in a study does
not remain consistent, they can introduce variability and confound results. Subjects must
wear identical footwear, or unshod impacts should be implemented to eliminate
variability between subjects.
2.3.6 Stride Frequency and Running Velocity
As speed of running increases (often seen as an increase in stride frequency), the
vertical displacement of the centre of mass (COM), and the time in contact with the
ground decreases (Farley & Gonzalez, 1996; Ferris et al., 1999). In a series of trials,
runners were asked to determine their ‘preferred stride frequency’ (PSF: on average 1.33
± 0.09 strides/second) (Farley & Gonzalez, 1996). The experiments were conducted at
four frequencies above and below the PSF. Although only a slight change was observed
in the peak vertical GRF (19% difference) when the stride frequency was increased
between the lowest and highest frequencies, significant changes were seen in the vertical
displacement of the COM (decrease by 76%) and the ground contact time (decrease by
32%). Each of these observations is logical, because an increase in stride frequency (or
running velocity) would decrease the amount of time the foot spent on the ground. In
17
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addition, the runner’s body would remain closer to the ground, while trying to maximize
each stride, limiting vertical excursion of the COM.
A higher stride frequency may also be associated with a rise in the stiffness of the
leg (Ferris & Farley, 1997; Farley & Gonzalez, 1996). From this, we may deduce that the
increase in leg stiffness decreases the amount of force attenuation, as each stride would be
more jarring to the body at higher running velocities. This hypothesis was proven by
Hamill et al. (1995), who concluded that greater force attenuation occurs at lower stride
frequencies than higher frequencies.
Although Farley and Gonzalez (1996) found only a small change in the impact
force with changes in running velocity, discrepancies have been observed by other
authors. In 2000, Liu and Nigg showed that an increase in touchdown velocity of the
lower body produced an increase (of up to 222 N) in the impact force peak, as well as an
increase in the active force peak. In agreement with this finding, Gerritsen et al. (1995)
noticed an increase in peak GRF of 212 N when touchdown velocity was increased by
only 0.1 m/s. Finally, when running velocity increased from 3 m/s to 6 m/s, the average
vertical GRF significantly increased from 1.4 times BW to 1.7 times BW (Munro, Miller,
& Fuglevand, 1987) and from 1.33 kN to 2.17 kN (Nigg et al., 1987). Due to the
fluctuation in the GRF with changing running velocities, consistent application of a load
is essential, and can be accomplished by controlling impact velocity.
2.3.7 Muscle Activation
The level of leg muscle activation during impact may have a large effect on the
magnitude of force attenuated throughout the body. Nigg and Liu (1999) stated that
partial responsibility for joint stiffness and the coupling between wobbling and rigid
masses was due to muscle activity; and that a change in the activity of the shank muscles
18
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prior to touchdown of the foot altered the mechanics of the lower extremities. It has been
stated that a runner is unable to react with a change in muscle activity during the impact
phase itself, due to its very short time period (-50 ms), so the change in activity is
performed in anticipation of impact (Boyer & Nigg, 2004; Nigg & Liu, 1999). ‘Muscle
tuning’ is a term often used to describe the effect on impact forces with anticipated
changes in muscle activity (Nigg & Liu, 1999; Wakeling et al., 2001; Wakeling et al.,
2003).
As shock waves travel through the body after an impact, wobbling structures
oscillate. Muscle tuning has been thought to minimize this soft tissue resonance (Boyer
& Nigg, 2004; Wakeling et al., 2003). It was also shown that an increase in muscle
activity increased both the resonance frequency and damping coefficients in the soft
tissues, suggesting an anticipatory muscle activation prior to impact (Wakeling et al.,
2003). Muscle tuning is often required to alter soft tissue vibrations, and to assure that
the resonant frequencies of the soft tissues are unique from the frequency of the impact
force (Wakeling et al., 2001).
When studied in conjunction with muscle activity, gender has been shown to play
a significant role on frequency and damping coefficient values (Wakeling & Nigg,
2001b); however, the strong correlations between gender, height, and mass prevented
further extrapolation of these results. Overall, the leg muscles were voluntarily activated
(to 0%, 50%, and 100% of their maximum voluntary contraction: MVC) prior to initiation
of a vibration impact (delivered by a wooden mallet), to ensure the stiffness needed to
minimize the wobbling vibrations generated through impact (Wakeling & Nigg, 2001b).
Although this study lacks the realism of an impact generated from the contact between the
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foot and the ground, the repeatability of the impact from the wooden mallet was
monitored to ensure consistency.
Muscle tuning, represented by an alteration in the relative level of muscle
activation, can be controlled in a laboratory setting by monitoring the intensity of the
myoelectric signal within the muscle at impact (Wakeling et al., 2001). The effect of
muscle tuning has been determined by the soft tissue vibrations and frequency
characteristics measured by accelerometers placed on bony landmarks (Wakeling & Nigg,
2001a and b). However, tuning properties have yet to be studied by voluntarily
manipulating the activation level of a muscle and measuring the effects on tibial response
parameters, such as PA, TPA, and the AS. From these measurements, dissipation
differences between various levels of activation within a muscle could be assessed by
alterations in the tibial response parameters after impact. Practical implications of the
ability to voluntarily change the activation state of a leg muscle can be essential during
running to reduce the magnitude or rate of loading of the impulse created from impact.
This theory relates back to the conclusions of Wakeling et al. (2001), that muscle tuning
is often required to alter soft tissue vibrations, to assure that the resonant frequencies of
the soft tissues are unique from the frequency of the impact force.

2.4 Fatigue
In general, fatigue may be defined as an inability to maintain a desired level of
performance, and has often been implicated as a cause of running injuries. Two separate
types of fatigue are usually assessed: whole body fatigue (WBF) and local muscle fatigue
(LMF).
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2.4.1 Whole Body Fatigue
The most commonly used measure for fatigue is WBF, often analyzed using the
end tidal carbon dioxide pressure (PETCO 2 ) (Mizrahi et al., 2000a; Mizrahi, Verbitsky, &
Isakov, 2001; Verbitsky, Mizrahi, Voloshin, Treiger, & Isakov, 1998; Voloshin et al.,
1998). A decrease in PETCO 2 is due to the development of metabolic acidosis (Mizrahi
et al., 2000a). Many authors cite the use of this measurement to assess WBF when the
anaerobic threshold is exceeded, signifying the occurrence of fatigue (Mizrahi et al.,
2001; Voloshin et al., 1998).
Mizrahi et al. (2000a) found an increase in the strain rate and loading of the tibia
during running as fatigue progressed. In addition, significant increases in the impact
acceleration at heel strike, and the mean power frequency (MPF) of the PDS for the
lateral gastrocnemius (LG) muscle was measured in the acceleration of the shank
(Mizrahi et al., 2000a). Clear associations have been found between fatigue (determined
by a decrease in PETCO2 ) and shock waves (measured as acceleration at the knee)
(Verbitsky et al., 1998). Voloshin et al. (1998) reported an increase in acceleration at the
tibial tuberosity of over 60%, and at the sacrum of approximately 35%, after 30 minutes
of running, demonstrating a reduced ability of the fatigued system to attenuate the impact
shock waves. These findings suggest that fatigue caused a decreased ability of the leg
muscles to attenuate the impact load, seen as an increased rate of loading, and an increase
in measured acceleration.
Muscles act as shock absorbers, but muscle fatigue has often been described as
having the ability to reduce the dampening effect and dissipation of shock waves (Mizrahi
et al., 2000a; Voloshin et al., 1998). However, the methodology used to assess WBF is
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not appropriate to represent the effect that specific leg muscles, such as LG and TA have
on impact attenuation.
2.4.2 Local Muscle Fatigue
When muscle fatigue arises during locomotion, gait is altered, which may modify
the amount of strain, or its distribution (Yoshikawa et al., 1994). Christina et al. (2001)
examined this type of fatigue on the TA, where a decrease in the maximum voluntary
isometric torque was used to assure LMF in the muscle. A decrease of nearly 60% of the
initial pre-fatigue isometric dorsiflexor torque was found after fatigue. In addition, the
rate of rise in the GRF significantly increased after the dorsiflexors were fatigued, while
the ankle angle was significantly reduced by over 3 degrees following fatigue. These
findings suggest that LMF alters impact forces, the loading rate, and joint angles
(Christina et al., 2001). Each of these variables has been shown to change the attenuation
of impacts by altering the ability of the body to dissipate shock waves.
In the study conducted by Christina et al. (2001), the protocol called for subjects
to run on a treadmill until local leg muscle fatigue was determined by a decrease in
isometric torque. However, important kinematic variables, such as joint angles, cannot be
controlled for during this type of running task. For this reason, Flynn et al. (2004)
measured LMF in the TA and LG muscles using a human pendulum approach (Lafortune
& Lake, 1995). A decrease of 15% in the MPF, as well as muscle trembling and an
inability to maintain joint position was used to indicate LMF (Flynn et al., 2004). A shift
of the PDS to lower frequencies during an isometric contraction, as seen as a decrease in
the MPF, is an acceptable sign of LMF (Ament, Bonga, Hof, & Verkerke, 1993). In
contrast to the main findings in WBF, LMF showed a decrease in the peak acceleration at
the tibial tuberosity and a decreased rate of loading after fatigue (Flynn et al., 2004). It
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was suggested that local fatigue caused the muscle to become less stiff, enabling more
impact force attenuation, hence, reducing peak acceleration and rate of loading. This
finding supports the results of Pain and Challis (2001), who determined that rigid
structures were not able to dissipate as much energy as their less stiff counterparts, the
wobbling masses.

2.5 Gender and Fatigue
Hicks et al. (2001) suggested that gender differences found during fatigue
protocols were the result of the differences in muscle mass between males and females.
Even when the same relative force was used (i.e. the same percentage of maximal force),
males typically showed larger absolute forces due to their larger muscle masses, which
resulted in greater metabolic demand and available oxygen, creating a reduced time to
fatigue when compared to women in general (Hicks et al., 2001). Kent-Braun (2002)
found reason to believe that gender could affect the general fatiguing process, and that
men would fatigue faster than females. Although a significant effect of gender on
fatigability was not demonstrated, the author felt that there were valid gender effects on
the metabolic response to exercise (i.e. men had a decrease in pH, and an increase in
inorganic phosphate), that may contribute to fatigue.
Studies have found gender differences in the time to fatigue and average EMG
amplitudes during fatiguing protocols. During a sustained isometric fatiguing study of
the elbow flexors at 20% of the subject’s MVC, Hunter & Enoka (2001) found endurance
times 118% greater in their female subjects, but did not see this disparity when the
difference in the target force was accounted for (i.e the absolute forces were compared).
It was believed that the female endurance time was so much greater than their male
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counterparts because the males showed an enhanced rate of motor unit recruitment (thus
increasing the average EMG) in order to achieve the target force of 20% (Hunter &
Enoka, 2001). Ultimately it was concluded that endurance time was inversely
proportional to the target force, and that stronger individuals had shorter endurance times
(Hunter & Enoka, 2001). In 2004, Hunter et al. once again performed a sustained
isometric fatiguing activity at 20% of the subject’s MVC. The outcome of this study was
that young females, aged 18-35 years, exhibited longer times to fatigue than the male
subjects. In both studies, the subjects’ Ratings of Perceived Exertions were the same for
both genders, indicating that the same perceived effort put forth was masked by a
physiological difference that created the discrepancy in the time to fatigue (Hunter et al.,
2004; Hunter & Enoka, 2001). These findings suggest that examining the effects of
inducing LMF on subjects of each gender may produce statistically significant
differences, and lead to a better understanding of the force attenuation properties of the
shank.

2.6 The Human Pendulum Apparatus
The human pendulum apparatus was developed by Lafortune and Lake (1995) in
an attempt to control impact conditions (described as a major limitation by Bobbert,
Yeadon, and Nigg, 1992). The human pendulum apparatus allows in vivo determination
of impact parameters similar to those seen during locomotion (Figure 2).
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Figure 2. The human pendulum apparatus (Lafortune & Lake, 1995).
The apparatus was constructed of a thick canvas sheet attached to a rigid PVC
frame suspended from the ceiling. The subjects were asked to lay supine on the
pendulum, with their dominant leg hanging over the edge of the device, to allow light
contact with the force platform at rest. Once positioned, the pendulum was pulled back to
approximately 0.71 m and released into the force platform, allowing an impact velocity
that produced impact forces similar to that seen during running.
Results showed that the mean of every pendulum frequency and time domain
variable occurred within one standard deviation of values reported during typical running
velocities (between 3.25 and 3.75 m/s). As an example, the peak reaction force and time
to peak force were two times that of BW, and 36 ms, respectively. These results fall very
close to the acceptable ranges found by Munro et al. (1987) during running: between 1.6
and 2.3 times BW for the peak force, and approximately 30 ms for the time to reach that
peak. Values obtained for the acceleration of the shank also corresponded to previous
studies. Furthermore, it was shown that effective control over impacting conditions was
maintained with the pendulum: the intra- and inter-individual coefficients of variability
were less than 2% for the impact velocity (Lafortune & Lake, 1995, Flynn et al., 2004).
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The human pendulum approach provides an ideal method to analyze impacts of
physiological magnitudes. In a controlled environment, joint kinematics and the velocity
of the load can be held consistent across trials. Using the human pendulum approach,
activation states and LMF can be induced in the shank muscles, and the resulting shock
attenuation properties can be examined. See Appendix A for a comprehensive
examination of studies that have incorporated the human pendulum approach, and
differing methods of testing.

2.7 Measuring Shank Acceleration
Acceleration in the shank has been measured using bone-mounted accelerometers
(Lafortune, Henning, & Valiant, 1995; Lafortune, Lake, & Hennig, 1995) or transducers
fastened to the skin with glue or additional preloading devices such as webbing or straps
(Andrews & Dowling, 2000; Derrick, Hamill, & Caldwell, 1998; Flynn et al., 2004;
Hamill et al., 1995; Lafortune, Lake, & Hennig, 1996; Mizrahi et al., 2000a and 2000b;
Verbitsky et al., 1998; Voloshin et al., 1998, Wosk & Voloshin, 1981). Bone-mounted
accelerometers require implantation of the device in an osseous surface, and the
procedure may be quite uncomfortable for the subject. Although skin-mounted
accelerometers do not provide measurements that are directly related to bone stress, they
offer a more advantageous measure due to the lack of invasiveness (Mizrahi et al.,
2000a). The axial component of acceleration, representing the bone vibration induced
during heel strike, is measured by uniaxial accelerometers placed along the long axis of
the bone (Wosk & Voloshin, 1981). Skin-mounted accelerometers represent bone
vibrations fairly accurately, because their low mass increases the soft tissue resonant
frequency, so that the soft-tissue resonance effect is negligible (Wosk & Voloshin, 1981).

26

Reproduced with permission of the copyright owner. Further reproduction prohibited without permission.

2.8 Review of Literature: Summary
Impact forces created when the foot comes in contact with the ground during
running can be examined in the laboratory through in vivo studies of human locomotion.
Once impact occurs, passive force attenuation of the shock wave through rigid (cartilage
and bone) and non rigid (heel pad and wobbling mass) structures allow the dissipation of
energy. Active force attenuation mechanisms (such as adjustments in surface stiffness,
ground-foot interface, velocity of impact, and knee and ankle angles) also enable energy
dissipation as the shock wave travels toward the head. It is essential that these active
attenuation mechanisms be controlled for during testing. Consistency in joint angles and
the application of the load (through the impact velocity) can be obtained when a human
pendulum approach is used for testing (Flynn et al., 2004; Lafortune & Lake, 1995).
The rigidity of the leg may be actively adjusted by alterations in the state of
muscle activation, or muscle tuning. To date, studies have not examined the effect of
voluntarily manipulating the activation state of a muscle and measuring the effects on
tibial response parameters, such as PA, TPA, and the AS. Alterations in the tibial
response parameters after the state of activation in the muscle is voluntarily manipulated
would afford runners the ability to adjust their activation states to different running
conditions (i.e. a change in surface stiffness), while minimizing shock wave propagation.
When gender was studied in conjunction with muscle activity, it played a role on
frequency and damping coefficients (Wakeling & Nigg, 2001a). This finding can be
further examined in conjunction with the above-mentioned activation state, and the tibial
response parameters can be measured to determine if differences exist between genders.
Gender has also been implicated in general fatigability differences, with males reaching
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fatigue earlier than females. LMF can be induced in the LG or TA muscles in
conjunction with the use of the human pendulum apparatus (Flynn et al., 2004) to control
initial impact conditions. This would allow the determination of any significant effects of
LMF on tibial response parameters.
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Chapter III
METHODOLOGY
3.1 Subjects
A total of thirty subjects (15 male, 15 female) between the ages of 18 and 25
years, who were right leg dominant, were studied in this experiment. Leg dominance was
assessed by asking the subject which leg they would kick a soccer ball with. Only right
leg dominant individuals were examined, since equipment wires would have interfered
with the swing phase of the pendulum if left legs were tested.
The subject’s age was recorded; and their mass and height were measured. From
this data, body mass indexes (BMI = mass/height2) were calculated. A general health
questionnaire (GHQ) (Appendix B) was used to ensure that subjects did not have any
medical conditions that would prevent them from completing the protocol, and verbal
verification was made to make certain that the subject participated in some form of
weight bearing activity at least twice per week. A ‘weight bearing activity’ was defined
as any form of movement that uses either the force of the subject’s own BW or the force
from equipment, beyond that used during daily living activities.
Subjects were excluded from the study if they answered ‘yes’ to any question on
the GHQ, if they did not participate in some form of weight bearing activity at least twice
per week, or, if they had participated in weight bearing activities within 24 hours of
testing. Subjects were to refrain from these activities within 24 hours of testing to ensure
that residual fatigue affects in the TA or LG did not present themselves during the
experimental protocol.

29

Reproduced with permission of the copyright owner. Further reproduction prohibited without permission.

Prior to initiation of the study, each subject was given a consent form (Appendix
C) approved by the Research Ethics Board at the University of Windsor (Appendix D).
After the subject understood all that was required of them, and what the experimental
protocol entailed, the consent forms were voluntarily signed, and testing commenced.

3.2 Experimental Equipment
3.2.1 Human Pendulum Apparatus
The same human pendulum apparatus developed and implemented by Flynn et al.
(2004) was used in this study. The foundation of the pendulum apparatus was formed by
a rectangular (190.5cm x 52.5cm) metal frame constructed from a 3.5cm steel pipe
(Figure 3). At each right angle joint comer, an eyelit was attached to a tensioner cable,
forming the suspension system of the pendulum, which enabled it to be hung from the
ceiling. The boundaries of the pendulum’s rectangular steel frame held a rigid
rectangular support structure made from stiff canvas (176.5cm x 41cm). Nylon rope
weaved between the canvas and the metal frame strengthened the structure. In addition,
the points on the ceiling where the tensioners were attached allowed for adjustment of the
apparatus, to account for individual differences in subject stature.
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Figure 3. Human pendulum apparatus suspended from the ceiling.
Each subject was strapped down to the pendulum by two, 5cm wide nylon straps.
To eliminate any movement during impact, these straps were positioned across each
subject’s pelvis and just proximal to the knee of the right (dominant) leg, ensuring full leg
extension at impact. The left (non-dominant) leg of each subject was flexed to prevent
contact with the force platform.
3.2.2 Velocity Transducer
A linear velocity/displacement transducer (Celesco DV301) was attached to the
edge of the pendulum furthest from the impact apparatus, and firmly anchored to the wall.
When the pendulum was swung, the displacement of the cable was monitored to ensure
that a consistent impact velocity between 1 and 1.15m/s was achieved (Flynn et al., 2004;
Lafortune & Lake, 1995).
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3.2.3 Impact Apparatus
A force platform (Model OR6-5-1, AMTI, Newton, USA) was vertically mounted
to a steel frame to ensure that the axial direction of the platform was situated normal to
the surface of the structure. The impact apparatus was a rigid steel frame
(152.5 cm x 122 cm x 4 cm) bolted to the ground and wall (Figure 4). The steel frame
consisted of four vertical steel bars affixed to four horizontal steel bars in a grid like
pattern. The force platform was connected to the centre of the lowest portion of the steel
grid, with the bottom of the platform in contact with the ground. The frame was designed
so that the force platform could be moved to accommodate impacts of different heights
and alignments relative to the midline (e.g. upper limb impacts). A 2 cm thick piece of
medium density particle board (MDF) was firmly bolted between the force platform and
the steel frame to create an even fit across the face of the metal frame, and to increase the
overall strength of the structure.

Figure 4. The impact apparatus, MDF board, and force platform: anchored to the ground
and wall.
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3.2.4 Accelerometer
A miniature uniaxial accelerometer (Model EGA-25-/C, Entran, Fairfield, USA)
was used to measure the acceleration of the shank (Sensitivity: 4.93-4.99 mV/g; Input
Impedance: 801-856 ohms; Range: ± 25 g; Excitation: 15 V). The accelerometer was
mounted to a small piece of balsa wood and glued to the skin just medial to the tibial
tuberosity on the right leg of each subject (Figure 5). The location and orientation of the
accelerometer was marked on the skin with a permanent marker. Subjects were asked to
leave these markings on between test sessions, to ensure accuracy and consistency of
placement. Once set in place, the accelerometer was preloaded with a Velcro strap, using
a force of approximately 45N, perpendicular to the shaft of the tibia (Andrews &
Dowling, 2000; Flynn et al., 2004). The sensitive axis of the accelerometer was visually
aligned so that it was parallel to the longitudinal axis of the tibia,-facing the force
platform.

Figure 5. Accelerometer Placement.
The acceleration signals were amplified (gain: 5) close to the source (Model IMV15/15/5VM-/W/L6F, Entran, Fairfield, USA). The signal was then Analogue to Digitally
(A/D) converted at a sample rate of 4000 Flz . Three dependent measures were taken
from the acceleration waveform for each impact: PA, TP A, and the AS between 30% and
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70% of the rise in acceleration (Flynn et al., 2004, as modified from Lafortune, Hennig, &
Lake, 1996) (Figure 6).
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Figure 6. Stylized acceleration-time graph with three dependent variables: Peak
Acceleration (PA), Time to Peak Acceleration (TPA), and Acceleration Slope (AS)
between 30% and 70% of the rise in acceleration.
(Modified from Flynn et al., 2004; originally found in Lafortune & Lake, 1995)
3.2.5 Electromyography
Myoelectric signal recordings were taken from the TA and LG muscles during
each session. The signals from the dominant muscle (Session 1:TA, Session 2:LG) were
used for the majority of the calculations during the sessions, while the signals from the
non-dominant muscle were used to assess co-activation. Two Kendall bipolar disposable
Ag/AgCl surface electrodes (23 mm x 33 mm: Tyco Healthcare, Chicopee, MA) were
placed over the belly of the muscles in question in the direction of their lines of action,
after the area was shaved (if needed) and cleaned with an isopropyl alcohol pad (Figures
7a-b). The intraelectrode distance of the two surface electrodes was approximately 2 cm,
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and a ground electrode was placed over the bony region lateral to the patella. Once the
electrodes were in place, the connecting wires were attached and a Hypafix dressing
retention sheet (100 mm x 100mm: BSN Medical, Hamburg, Germany) was placed over
the electrodes to ensure no unwanted movement.

Figures 7a-b. Electrode Placement. Figure 7a depicts the electrode placement on the
Tibialis Anterior (TA) (with reference electrodes in view, just lateral to the patella), and
7b shows the electrode placement on the Lateral Gastrocnemius (LG).
The raw EMG signals were amplified (x 5000) and filtered (13 Hz - 1000 Hz)
using an Isolated Bioamplifier with a Band Pass Filter (2nd Order Butterworth Filter,
Common Mode Rejection Ratio > 105 dB), an Input Impedance of >107 ohms, and an
overall range of ± 10 V (Coulbourn Instruments, Allentown, PA). The EMG signal was
then 1) Analogue to Digitally (A/D) converted using a 16-bit Power 1401 A/D board
(Cambridge Electronic Design [CED], Cambridge, UK) and stored using Spike 2
software (see Section 3.3.1); and 2) linear enveloped (rectified and filtered) and displayed
on a monitor within the subject’s view using custom designed LabVIEW Software (see
Section 3.3.2). Using the visual cue of a line representing the required level of activation
on the monitor, subjects were asked to maintain a level of activation as they were
impacted into the force platform.
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EMG frequency and amplitudes were monitored during the fatiguing condition,
and a decrease in the MPF of at least 15%, as proven effective by Flynn et al. (2004),
indicated fatigue. To accomplish this, the bias was removed from the EMG signal that
was sampled at 2048 Hz, and band-pass filtered between 10-400 Hz. A Fast Fourier
Transfer Function was used to obtain the signal frequency characteristics used in the MPF
calculations. The MPF was displayed on a computer monitor, where it was assessed
online. In addition to the decrease in MPF, visible cues such as a change in joint angle or
muscle trembling were also used as signs of fatigue (Flynn et al., 2004).
The EMG signals were also used to represent a certain level of activation within
the muscle (15%, 30%, 45%, or 60%). These percentages were based on the myoelectric
activity recorded when the subjects produced their MVC. The EMG signal was used (as
opposed to a direct force measurement) to represent the activation level achieved during
the subject’s MVC. However, it is more appropriate to use the terminology of ‘maximum
activation state’ (MAS: defined as 100% muscle activation) than MVC, and MAS will be
used from this point forward.

3.3 Data Acquisition
3.3.1 Spike 2 Software
The software used for collecting all data waveforms was Spike 2 (CED,
Cambridge, UK, Version 5, for Windows). Data collection was started by manually
triggering the software to record the acceleration, velocity, force, and EMG waveforms
during the entire swing phase of the pendulum (approximately 2 seconds). EMG data
were band pass filtered with the isolated bioamplifier between 13-1000 Hz prior to
sampling, and all other filtering was completed post-processing. The EMG signals were
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amplified (x 5000) and sampled at 2000 Hz, while all other transducers were sampled at
4000 Hz. Data were recorded online using the Power 1401 A/D converter (Coulboum
Instruments) and the Spike 2 software (CED), and stored on a personal computer.
All files were converted directly from Spike 2 and output to Excel files at 4000 Hz
for further analyses. Raw data files were trimmed so that the entire impact
(approximately 250 ms) could be analyzed. Impact with the force platform was
determined post-processing, at the point when the amount of force recorded dramatically
increased compared to baseline. When the acceleration waveform crossed zero, files
were once again trimmed (to approximately 100 ms) so that the dependent variables could
be analyzed. All biases were removed, and each waveform was calibrated. Once this was
accomplished, the peak force and velocity during impact were recorded, and the three
dependent variables were calculated from the clipped acceleration files. PA was simply
the highest peak in the acceleration curve; TPA was the time from the point where the
acceleration curve crossed zero to the time of the PA; and AS was calculated as the
change in the PA divided by the change in the TPA between 30-70% of the acceleration
curve (the most linear region of the acceleration curve).
The EMG data were output again at 2000 Hz from the Spike 2 software to Excel
files. The biases were removed and the signal was rectified. In order to determine the
MAS, the data were low passed filtered using a 2nd order Butterworth filter with a
frequency cutoff of 1.5 Hz. After filtering, the peak of the three exertions was used to
represent the overall MAS.
The average myoelectric signal from each impact at every activation state was
clipped to represent a one-second portion of the data just prior to impact. This file was
low passed filtered using a 2nd order Butterworth filter (frequency cutoff: 1.5 Hz), and
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normalized to the subject’s MAS to produce the value of the electromyography prior to
impact. These steps were repeated for each activation state during both sessions for every
subject.
3.3.2 Lab VIEW Software
All data collected and processed using custom designed software developed
through the LabVIEW software package (National Instruments, Austin, TX) were stored
on a personal computer equipped with a 12-bit resolution A/D conversion board (National
Instruments, Austin, TX). The EMG signals were sampled at 2048 Hz, rectified, and
normalized to the subject’s MAS. The EMG signal was subsequently low passed filtered
with a 2nd order Butterworth filter equipped with a frequency cut-off of 1.5 Hz. The
filtering of the MAS was done online within the LabVIEW software, and stored so that all
other activation states could be normalized to it. During fatigue, the bias was removed
from the EMG signal, and the signal was band-pass filtered between 10-400 Hz. A Fast
Fourier Transfer Function was used to obtain the signal frequency characteristics used in
the MPF calculations, which were updated every second. The data were output to Excel
files for processing the time to fatigue (TTF) and the change in the MPF.
During post-processing, the raw MPF data (stored from the LabVIEW software)
were converted to Excel files, and clipped so that they started 10% after the beginning of
the file, to remove the time needed for the MPF to reach a stable point at the
commencement of the fatiguing condition. The file was then clipped at approximately
90% of the original file, because the last 10% of the MPF data was recorded while the
subject was impacted three times, and did not represent the actual fatiguing portion of the
condition. The TTF recorded represented the entire time taken for the fatiguing
condition, with the impact time subtracted from the total.
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3.4 Data Collection Sessions
Data collection took place over two sessions. During the first session, six states of
activation (baseline, 15%, 30%, 45%, 60%, and fatigue) were induced in the TA muscle
(see Table 1). The second session took place at least one week after the initial session, to
ensure that any lingering effects of fatigue did not present themselves during impact
attenuation. During this time, the six states of activation were tested in the LG muscle.
3.4.1 Session 1
After the subject read, indicated understanding, and voluntarily signed the
‘General Health Questionnaire’ and the ‘Consent to Participate in Research’ form
(Appendices A and B) approved by the University of Windsor’s Research Ethics Board
(Appendix C), testing began. Measurements of height and mass were taken, and
questions regarding health status and physical activity were asked. The subject was
required to use their unshod right (dominant) leg for all tests.
At the beginning of the first session, subjects were given a verbal explanation of
the purpose of the study, and were introduced to the experimental equipment in order to
familiarize themselves with the protocol. Following electrode placement and the
commencement of measuring the MAS of each muscle, a signal noise (bias) trial was
collected on the muscle in question. Subjects were positioned so that the muscle could be
completely relaxed. The noise trial was recorded and stored using the LabVIEW and
Spike 2 software, so that it could be subtracted from the myoelectric signals recorded
during the subject’s MAS.
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Table 1. Study design.
For each parameter tested, 3 impact trials were conducted. Three dependent variables were calculated during each trial: the
peak tibial acceleration (PA), the time to peak tibial impact acceleration (TPA), and the rate of rise in tibial acceleration slope
(AS).

Within Subiect Variables
Between
Dorsiflexion: Tibialis Anterior
Plantarflexion: Lateral Gastrocnemius
Subiect
Session 1
Session 2
Activation State
Variable:
Activation State
GENDER Baseline 15% 30% 45% 60% Fatigue Baseline 15%
30% 45% 60% Fatigue

prohibited without perm ission.

Males
(18-25)
15
Subjects
Females
(18-25)
15
Subjects

3
Impacts

Note: Baseline is the control variable, repeated at the beginning of each day before the activation states were induced.
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3.4.1.1 Measuring the Maximum Activation State: TA
The TA MAS was elicited through contraction, while the subject was lying supine
on the pendulum apparatus. The pendulum bed was anchored to the wall by two bungee
cords, and the subject was strapped to the pendulum bed to ensure minimal unwanted
movement. Manual resistance was applied to the top of the foot by the investigator, as
the subject maximally dorsiflexed their foot. Verbal encouragement was given to try to
help subjects to obtain their maximal effort. The subject was asked to quickly ramp up to
their maximal contraction, to hold the contraction for 3 seconds, and then rapidly release
the contraction. Three trials were conducted to elicit the MAS of the TA, with at least a
thirty-second rest period between trials. The myoelectric signals were then low pass
filtered, and the maximal EMG amplitude obtained during the three trials was used as the
MAS. This filtering of the MAS was done online within the LabVIEW software (and
post-processing with the Spike 2 data), and stored so that all other activation states could
be normalized to it.
The MAS of the TA was once again elicited at the beginning of session 2, so that
antagonist co-activation could be measured during the LG session. In addition, the MAS
of the LG was tested at the beginning of session 1, to measure the antagonist co-activation
during the TA session (see LG MAS protocol in Section 3.4.2.1). A five minute rest
period was given to the subjects after performing their MAS, to ensure that residual
effects of the MAS did not interfere with the testing. An overall summary of the
experimental protocol is shown in Figure 8.
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Experimental Protocol
Consent Forms
GHQ
Demographic Information

Shave and clean skin
Electrode Placement

Noise Trial
Recording of LG MAS
Recording of TA MAS

5 minute rest period
Accelerometer Placement

2 Impacts to ensure Velocity and Force are within Ranges

Baseline Activation State: 3 Impacts
15%, 30%, 45%, 60% Activation States: 3 Impacts
Fatigue Activation State: Fatiguing Condition and 3 Impacts
**Each with 5 minute rest period**
Completion of the Visual Analogue Scale

Electrode and Accelerometer Marking
Electrode Removal
Subject Un-strapped and Removed from Apparatus

Figure 8. Experimental Protocol during each Session.
3.4.1.2 Baseline Activation State: TA
The subject was asked to lay supine on the pendulum apparatus, with their heel in
slight contact with the force platform when the pendulum was at rest. The impacts were
conducted on the bare heel to ensure that shoes worn did not add to the variability in the
tibial response parameters between subjects. The left leg of the subject was flexed to
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ensure no contact with the force platform. Based on the length of the shank of each
subject, the entire pendulum could be moved approximately 5 cm forward or backward to
accommodate for individual differences.
A nylon strap was secured around the subject’s pelvis, while another was secured
just proximal to the knee, to prevent any movement of the body or change in joint
position during impact. An accelerometer (attached to a piece of balsa wood) was glued
and strapped to the subject’s right leg, just medial to the tibial tuberosity, on the medial
condyle of the tibia. The placement of the accelerometer was marked with permanent
marker at the end of session 1, and subjects were asked to leave these markings on
between test sessions, to ensure accuracy and consistency of placement. Prior to the three
impacts at each activation state, a noise (bias) trial was collected when the pendulum was
completely still, the subject relaxed, and the muscle at rest. This bias was used during
processing to subtract the noise from the waveforms (seen on the Spike 2 program) before
calibration. In order to obtain similar velocities at impact to those found during running
(1.0-1.15 m/s), and ultimately create impact forces of between 1.8-2.8 times BW, the
pendulum apparatus was pulled back by an assistant to the investigator (Flynn et al.,
2004). The subject was instructed to relax. The pendulum was then released, and the
subject impacted the force platform with their leg in full extension, and their foot
dorsiflexed (between 60-80° relative to the leg) to ensure full contact with the heel. This
procedure was repeated three times. The values (of the three trials) of the tibial response
parameters (PA, TPA, and AS) were used to represent the baseline activation state impact
measurements for the TA.
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3.4.1.3 States of Muscle Activation: TA
After the baseline values were determined, voluntary contraction was used to
induce additional states of muscle activation. Subjects were asked to contract their TA
muscle to 15%, 30%, 45%, and 60% of the MAS of the muscle. This was determined as
the amount of myoelectric activity occurring during the contraction, as a percentage of the
EMG recorded during the subject’s MAS (100% activation). The level of muscle
activation was displayed on a computer monitor located in the subject’s field of view.
Using the visual display, subjects held the contraction, and the pendulum apparatus was
released to create an impact. This procedure was conducted three times for each
percentage of activation, and the values of the tibial response parameters (PA, TPA, and
AS) at each activation state were used for analysis.
3.4.1.4 Local Muscle Fatigue (LMF): TA
The last protocol completed during the first session was to fatigue the TA. To do
this, a resistive rubber band was attached at each side of the impact apparatus, between
the pendulum and the force platform. Once the apparatus was in position, the subject’s
foot was placed under the rubber band, flat against the force platform (Figures 9a-b).

Figures 9a-b. Inducing LMF in the TA muscle.
Subject’s dorsiflexed isometrically to a level of 50% of their MAS, pulling the
rubber band toward their body, with their toes, until fatigued. Fatigue was determined
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when the subject could no longer hold and maintain the contraction at 50% of their MAS,
as displayed on the monitor. In addition, significant fatigue was assumed when the MPF
decreased by at least 15%, in conjunction with visible signs of fatigue (Figure 10). Once
fatigue was confirmed by the investigator, the rubber band across the force platform was
removed, and the subject was impacted 3 times. The values of the three impacts for the
tibial response parameters (PA, TPA, and AS) were taken for the fatigue impacts of the
TA. Subjects were instructed during all impacts to maintain the foot in a dorsiflexed
position, so that the heel directly impacted the force platform. Immediately following the
impacts, subjects were asked to indicate the amount of fatigue they felt on a Visual
Analogue Scale (VAS: Appendix E), from ‘No Fatigue’ to the ‘Worst Possible Fatigue’.
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Figure 10. LabVIEW Interface during Session 1 Fatigue Protocol.
3.4.2 Session 2
The second day of testing used the same procedure as outlined in session 1, but
focused on the plantarflexor muscle, the LG.
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3.4.2.1 Measuring the Maximum Activation State: LG
The MAS for the LG muscle was collected in a standing position, to ensure that
the full potential of the muscle could be elicited. A platform was placed on the ground
under the feet of the subject. Two pieces of 5 cm nylon webbing were fed through two
eyelits mounted to the platform, with one strap placed over each shoulder of the subject
(Figure 11). The webbing was tightened so that an upright position with minimal knee
flexion was allowed by the subject. Verbal encouragement was used to motivate the
subject to maximally plantarflex both feet at the ankles against the resistance of the
webbing. In addition, the MAS of the TA was elicited at the beginning of session 2, so
that antagonist co-activation could be measured during the LG session.

Figure 11. Measuring MAS in the LG muscle.
The remaining portion of the MAS protocol: the baseline activation state and the
collection of the different activation states (15%, 30%, 45%, and 60%) of the LG muscle,
were conducted in the same manner as the procedure outlined in session 1. The only
modification that was needed for session 2 was that subjects had to be fixed into a
dorsiflexed position so that when they were asked to plantarflex their foot to allow
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activation of the LG muscle, they were still able to impact the force platform with their
heel. To accomplish this task, two straps were fed through each front comer eyelit on the
pendulum apparatus. The straps were attached to one another through a piece of heavy
webbing material, essentially forming one large strap. The strap tightly secured the
subjects into a dorsiflexed position, and they were asked to plantarflex to each activation
state by pushing their foot against the strap (Figure 12). The subjects were instmcted
during all activation states to keep their arms across their chest and not to grip the
pendulum to increase their mechanical advantage. During the baseline, 15%, 30%, and
fatigue activation states for the LG, the subjects were able to comply with this request.
However, in order to maintain 45% and 60% of their MAS, some subjects required the
use of their hands to prevent their body from traveling up the pendulum apparatus.

Figure 12. Strap used during LG Activation States (15%-60%) to allow
plantarflexion while impacting the force platform directly with the heel.
3.4.2.2 Local Muscle Fatigue (LMF): LG
Inducing LMF in the LG involved securing the pendulum apparatus to the impact
apparatus by attaching clips to each front comer eyelit, connected directly to the sides of
the impact apparatus. This ensured minimal movement of the foot (Figures 13a-b). The
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subject was asked to perform a voluntary isometric contraction, held and maintained at
50% of their MAS (as displayed on a monitor), by plantar flexing their foot against the
force platform. When the subject displayed the signs of fatigue (as previously described),
the webbing and connecting clips were removed, the pendulum quickly pulled back, and
three impacts were performed. The values of the three impacts for the tibial response
parameters (PA, TPA, and AS) were recorded for the fatigue impacts of the LG.

Figures 13a-b. Inducing LMF in the LG muscle.

3.5 Statistical Analysis
The dependent variables for this study were the peak tibial acceleration (PA), the
time to peak tibial acceleration (TPA), and the maximum acceleration slope (AS). There
was one between subject factor (gender), comprised of two levels (males and females);
and there were two within subject factors: muscle (2 levels: TA and LG), and activation
state (6 levels: baseline, 15%, 30%, 45%, 60%, and fatigue). The data were separated
into four sections to perform statistical analyses: Impact Parameters, Tibial Response
Parameters, Fatigue Parameters, and Anthropometries. The mean value of the three
impact trials were used for all analyses.
The Impact Parameters consisted of velocity, force, electromyography, and co
activation data. A mixed design ( 2 x 2 x 6 : gender x muscle x activation state) analysis of
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variance (ANOVA) was performed on each parameter to detect any significant
differences.
The Tibial Response Parameters consisted of three dependent variables: PA, TPA,
and AS. Once again, a mixed design ( 2 x 2 x 6 : gender x muscle x activation state)
ANOVA was performed on each parameter to detect any significant differences.
The VAS, MPF, and TTF data comprised the Fatigue Parameter section. A 2 x 2
(gender x muscle) mixed design ANOVA was used to analyze the VAS and TTF data;
and a 2 x 2 x 2 (gender x muscle x level) mixed design ANOVA for the MPF data (where
‘level’ was the MPF prior to or after fatigue) was used. In addition to this, Pearson
Product Moment Correlations were performed between the VAS and MPF variables, the
VAS and TTF variables, and the MPF and TTF variables.
The Anthropometries section consisted of four one-way ANOVAs for age, mass,
height, and BMI (by gender). Alpha (a) was set at 0.05 for all comparisons within the
four sections of analyses, and Tukey HSD Post Hoc tests were performed on any
significant main effects and interactions. Omega squared analyses were performed on
each significant interaction to determine the total amount of variance accounted for by
each experimental treatment. To be included in further analyses, interactions had to
account for at least 1% of the total variance (Keppel, 1982).
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Chapter IV
RESULTS
4.1 Subject Anthropometries
Significant main effects were found in the A N O V A o f subject anthropometries for

mass [F (1, 28) = 32.32, p < 0.05], height [F (1, 28) = 34.76, p < 0.05], and body mass
index (BMI) [F (1, 28) = 8.25, p < 0.05]. Table 2 outlines the values that led to these
significant findings.
Table 2. Subject Anthropometries (S D) (* p < 0.05)
Gender # Subjects
Age (years) Mass (kg)
Height (m) BMI (kg/m2)
Females 15
22.7(1.1)
60.8 (7.7) *
1.65 (0.09)* 22.2 (1.9)*
Males
15
22.5 (1.7)
1.82 (0.06)* 24.9 (3.1)*
82.5 (12.6)*
Overall

30

22.6 (1.4)

71.7(15.1)

1.74 (0.11)

23.6 (2.9)

4.2 Sample Size
Not all subjects were able to successfully reach each activation state (as a
percentage of their maximum activation state: MAS). Table 3 outlines the number of
subjects that were able to reach each activation state.
Table 3. Sample size (N ), # of subjects capable of reaching Activation States during
Session 1 (TA) and Session 2 (LG).
________
B = Baseline, F = Fatigue________________________
Activation State
Subjects Muscle
B
15%
30%
45%
60%
F
TA
30(15/15) 30(15/15) 30(15/15) 30(15/15) 29(15/14) 30(15/15)
N
Total
LG
30(15/15) 30(15/15) 29(14/15) 17(5/12)
5(1/4)
30(15/15)
(F/M)
The inability of some subjects to reach a given activation state created unequal
sample sizes, which would cause the Statistica program to create a weighted average
when determining if significant differences were present, ultimately resulting in modified
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means that were not representative of the actual values recorded. To ensure that this did
not occur, missing cells were replaced with the mean value for the sample at each
condition. This enabled the true results to be computed without the statistical program
affecting the overall means.

4.3 Trial Repeatability
For each variable (impact or tibial response parameter) that was measured, the
mean value of the three trials performed during each activation state was used.
Variability across the three trials was seen in the outputs of the dependent variables
(Table 4). This represents the normal locomotion situation: not all impacts produce the
same tibial response. Therefore, in order to get a more realistic representation of each
subject’s tibial response in general, values for the trials were averaged.
Table 4. Coefficients of Variation (CV: %, standard deviation as a percentage of the
mean). Means of Between and Within Subject CV for the three Dependent Variables: PA
= Peak Acceleration, TPA = Time to Peak Acceleration, and AS = Acceleration Slope
during Session 1 (TA) and Session 2 (LG).
Coefficients
of Variation
Muscle
Means of BeFween
Means of Wi thin
Subject CV :%)
Subject CV {%)
PA
TPA
AS
PA
TPA
AS
14.1
14.1
13.5
28.1
13.5
28.0
Overall
TA

Total
Average

LG

15.1

17.4

35.7

15.4

17.9

36.2

TA & LG

14.3

15.8

31.9

14.4

16.0

32.1

4.4 Repeatability Analysis: Coefficients of Variation: CV
The overall variability displayed between and within subjects was approximately
15% across each muscle for both PA and TPA (Figures 14 and 15). However, it can be
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seen that the subjects were quite variable in their AS values, creating the larger
percentage of overall CV of approximately 30%. The between subject variability was
higher for the LG muscle during the 15%, 30%, and 45% activation states (Figure 14). It
is also evident that the amount of within subject CV is slightly higher during session 2
(LG) than session 1 (TA) (Figure 15). This reaffirms the decision to average the three
trials performed, to express a more realistic overall value for each activation state.
Between Subject Coefficients of Variation (CV)

Figure 14. Between Subject CV (expressed as a %).
Within Subject Coefficients of Variation (CV) for
Sessions 1 and 2
40%
30%

ITA

g 20%

I LG

10% -

dn

0%
PA

TPA

AS

Dependent Variables

Figure 15. Within Subject CV for Sessions 1 (TA) and 2 (LG), expressed as a %.
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4.5 Impact Parameters
4.5.1 Impact Force
The ANOVA performed for impact forces revealed significant main effects for
muscle [F (1, 28) = 120.92, p < 0.05] and activation state [F (5, 140) = 50.75, p < 0.05].
The main effects were incorporated into a two-way interaction with each other, and thus
were not subject to post-hoc testing. Within the muscle by activation state interaction [F
(5, 140) = 27.09, p < 0.05 (w2 = 0.142)], means were compared, and the significance
between activation states can be found in Figure 16.
Impact Force Interaction between Muscle and
Activation State
e Session 1:TA
■ Session 2:LG

Activation State

Figure 16. Impact Force Interaction between Muscle and Activation State.
The following pairs of activation states were found to be significantly different (p < 0.05):
TA: 45/B, 45/15, 45/F, 60/B, 60/15, 60/30, 60/F
LG: 15/B, 15/F, 30/B, 30/15, 30/F, 45/B, 45/15, 45/F, 60/B, 60/15, 60/30, 60/45, 60/F
During session 1, mean impact forces measured at 45% were significantly greater
than those at the baseline, 15%, and fatigued states; and those at 60% were greater than
those at baseline, 15%, 30% and fatigue. Session 2 shows a marked increase in impact
force with every increase in activation state (much greater forces than those seen during
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session 1). After these increases, a large decrease in the impact force was noted during
the fatigued state, compared to that seen at 60%.
Although significant differences were found across activation states, fairly
consistent impact forces were seen on the whole, as the majority of the mean forces fell
within the target range of 1.8- 2.8 x BW (Figures 17a-b). The overall means for the
impact forces during each activation state in session 1 fell within the target range, as did
impact forces for session 2 at the baseline, 15%, and fatigue states.
Mean Impact Force across TA Activation States
3.5 i
~

2.5 -

H 2.0-

g. 0.5 -

0.0

-

Subject

Figure 17a. Mean Impact Force ± SD for each subject across TA Activation States,
Session 1.
Mean Impact Force across LG Activation States
4.0 -i

0.0

Subject

Figure 17b. Mean Impact Force ± SD for each subject across LG Activation States,
Session 2.
4.5.2 Impact Velocity
Significant main effects for impact velocity were found for muscle [F (1, 28) =
19.90, p < 0.05] and activation state [F (5, 140) = 18.43, p < 0.05]. The main effects were
incorporated into a higher-order interaction, and thus were not subjected to post-hoc
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testing. The means were compared for the muscle by activation state interaction [F (5,
140) = 14.14, p < 0.05 (o)2 = 0.024)], and significance can be found in Figure 18.
Impact Velocity Interaction between Muscle and
Activation State

Activation State

Figure 18. Impact Velocity Interaction between Muscle and Activation State.
The following pairs of activation states were found to be significantly different (p < 0.05):
LG: B/15, B/30, B/45, B/60, 15/45, 15/60, 30/45, 30/60, F/15, F/30, F/45, F/60
There were no significant differences found in the impact velocities across session
1. During session 2, all of the impact velocities for the middle activation states were
significantly lower than those seen at baseline and fatigue. In addition, the impact
velocities at 45% and 60% were significantly lower than those at 15% and 30%. The
target range for velocity inputs was l-1.15m/s. The overall mean peak impact velocity
values and the majority of values for each subject fell within this range (Figure 19).
Mean Impact Velocity a c ro ss all Activation S tates

£

0.90 -

|

0.80 -

§ 0 .7 0 £

0.60 -

Subject

Figure 19. Mean Impact Velocity (m/s) ± SD for each subject across all Activation States.
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4.5.3 Electromyography prior to Impact
Significant main effects for gender [F (1, 28) = 19.17, p < 0.05], muscle [F (1, 28)
= 44.90, p < 0.05], and activation state [F (5, 140) = 872.13, p < 0.05], were found for the
electromyography displayed just prior to impact. Each main effect was incorporated into
a two-way interaction with activation state, however, the gender by activation state
interaction [F (5, 140) = 2.96, p < 0.05, co2 = 0.002] did not account for at least 1% of the
variance, and therefore will not be discussed further. Thus, the post-hoc analysis of the
main effect for gender showed that the female subjects had an average electromyography
prior to impact of 30.7%, while the male subjects had an average of 28.2%.
The muscle by activation state interaction [F (5, 140) = 129.53, p < 0.05, co2 =
0.081] revealed that all activation states during Session 1 were significantly different
from one another; except the baseline, fatigue, and 15% states (Figure 20). During
session 2, all activation states were significantly different from one another, except the
baseline and fatigue states. Overall, it can be seen that when asked to contract their TA or
LG muscles to a certain percentage of their MAS, subjects were quite capable, and
remarkably consistent in accomplishing this task.
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Electromyography prior to Impact Interaction
between Muscle and Activation State

B

15

30

45

60

F

%of MAS Required

Figure 20. Electromyography Interaction between Muscle and Activation State.
The following pairs of activation states were found to be significantly different (p < 0.05):
TA: 30/15, 45/B, 45/15, 45/30, 45/F, 60/B, 60/15, 60/30, 60/45, 60/F
LG: 15/B, 30/B, 30/15, 30/F, 45/B, 45/15, 45/30, 45/F, 60/B, 60/15, 60/30, 60/45, 60/F
4.5.4 Co-activation prior to Impact
Significant main effects for co-activation prior to impact were found for gender [F
(1, 28) = 11.01, p < 0.05], muscle [F (1, 28) = 99.45, p < 0.05], and activation state [F (5,
140) = 30.6, p < 0.05]. A post-hoc analysis was performed on the gender main effect,
which revealed that female subjects co-activated prior to impact on average, to
approximately 12.4%, while the male subjects co-activated to 9.1%. Post-hoc analyses
were not performed on the muscle and activation state main effects, because they were
incorporated into a higher-order interaction with each other [F (5, 140) = 15.28, p < 0.05,
co2 = 0.1] (Figure 21). During each session, the co-activation prior to impact at the
baseline state was similar to that found at the fatigued state. From the baseline state, there
was a dip in the amount of co-activation at 15%, followed by a steady increase from 30%
to 60% of the MAS. During each session, the co-activation was fairly low in general,
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with maximum levels of 9% and 24% of the MAS for the LG and TA, respectively
(Figure 21).
Co-activation prior to Impact Interaction between
Muscle and Activation State
■ Session 2:LG

40
E
3
E
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% of MAS Required
Figure 21. Co-activation Interaction between Muscle and Activation State.
The following pairs of activation states were found to be significantly different (p < 0.05):
TA: B/15, B/30, B/45, 30/15, 45/15, 60/15, 60/30, 60/45, F/15, F/30, F/45
LG: 45/15, 60/B, 60/15, 60/30, F/15

4.6 Tibial Response Parameters
4.6.1 Peak Acceleration (PA)
Significant main effects for the tibial response parameter, PA, were found for
muscle [F (1, 28) = 11.94, p < 0.05], and activation state [F (5, 140) = 8.86, p < 0.05].
The main effects were incorporated into a higher-order interaction, and thus were not
subjected to post-hoc analysis. The means were compared for the muscle by activation
state interaction [F (5,140) = 5.55, p < 0.05 (to2 = 0.178)], and significance can be found
in Figure 22. The only significant difference seen in the interaction is the decrease in the
PA between the baseline and fatigue states within session 1. However, it can be noted
that during session 1, as you increase from the baseline state to 60% of MAS, although
not significant, the mean peak TA values display a small, gradual increase in magnitude.
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Within session 2, deviations to the findings of PA in session 1 are observed, with fairly
consistent means across all levels of activation state.
Overall, a fairly large amount of variability in PA can be seen during both
sessions, despite consistent impact parameters. This variability likely contributed to the
lack of more significant findings within the interaction.
Mean Peak Tibial Acceleration (PA) Interaction between Muscle
and Activation State
M Session 1:TA

■ Session 2:LG

Activation State

Figure 22. Mean Peak Tibial Acceleration Interaction between Muscle and Activation
State.
The following pairs of activation states were found to be significantly different (p < 0.05):
TA: F/B, F/15, F/30, F/45, F/60
4.6.2 Acceleration Slope (AS)
The ANOVA performed for acceleration slope revealed significant main effects
for gender [F (1, 28) = 5.82, p < 0.05], muscle [F (1, 28) = 17.90, p < 0.05] and activation
state [F (5, 140) = 3.58, p < 0.05]. A significant two-way interaction was found between
muscle and activation state [F (5, 140) = 23.67, p < 0.05, co2 = 0.372]. All main effects
were incorporated into a three-way interaction with each other, and thus were not subject
to post-hoc testing. The means within the higher-order interaction between gender,
muscle, and activation state [F (5, 140) = 4.27, p < 0.05, co2 = 0.54] were compared, and
significance is shown in (Figure 23). The AS rises above the baseline values to 60% of
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the MAS within session 1. This is followed by a significant drop in AS during the
fatiguing state, as compared to 15% through 60% of the MAS. These findings are more
prominent among females than males, as no significant differences were seen for the male
subjects during session 1. The second session depicts almost the exact opposite finding:
the AS decreases as activation state increases, with a substantial increase in AS during the
fatiguing condition.
Acceleration Slope (AS) Interaction between Gender,
Muscle, and Activation State
5 i

B

15

30 45 60
Females

F

B

15

30 45 60
Males

F

Activation State
Figure 23. Acceleration Slope Interaction between Gender, Muscle, and Activation State.
The following pairs of activation states were found to be significantly different (p < 0.05):
Female TA: B/30, B/45, F/15, F/30, F/45, F/60
Female LG: B/15, B/30, B/45, B/60, B/F, F/30, F/60
Male LG: 60/B, 60/F
4.6.3 Time to Peak Tibial Acceleration (TPA)
Significant main effects for muscle [F (1, 28) = 60.16, p < 0.05], and activation
state [F (5, 140) = 10.78, p < 0.05] were found for the TPA. The main effects were
incorporated into higher-order interactions, and thus not subjected to post-hoc testing.
There were three significant two-way interactions: gender and muscle [F (1, 28) = 6.86, p
< 0.05, co2 = 0.04], gender and activation state [F (5, 140) = 2.36, p < 0.05, co2 = 0.018],
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and muscle and activation state [F (5, 140) = 32.10, p < 0.05, co2 = 0.31]. One three-way
interaction was found between gender, muscle, and activation state [F (5, 140) = 3.44, p <
0.05, co2 = 0.024], which can be seen in Figure 24. The only significant difference during
session 1 was an increase in the TPA at the fatigued state, as compared to the baseline
state in the female subjects. During Session 2, for each gender, the baseline and fatigued
states were not significantly different from one another, but were different than the other
activation states. In addition, the average TPAs were much higher during session 2
(11.26 ms) than in session 1 (8.55 ms).
Time to Peak Tibial Acceleration (TPA) Interaction
between Gender, Muscle, and Activation State
I Session 1 :TA
I Session 2: LG
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Figure 24. Time to Peak Tibial Acceleration Interaction between Gender, Muscle, and
Activation State.
The following pairs of activation states were found to be significantly different (p < 0.05):
Female TA: B/F
Female LG: B/15, B/30, B/45, B/60, F/15, F/30, F/45, F/60
Male LG: B/15, B/30, B/60, 45/60, F/15, F/30, F/60

4.7 Fatigue Parameters
4.7.1 Time to Fatigue (TTF)
No significant main effects or interactions were noted for TTF. One subject was
removed from the analysis (for the TA muscle only) because her Z score revealed that she
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was 4.94 standard deviations above the mean, while the second closest outlying subject
was only 0.83 standard deviations from the mean. This subject was not included in any
further analyses of the TA fatigue parameters.
The overall mean TTF taken across all subjects during Session 1 was 129 seconds
(± 43 seconds), while on average, the TTF during the second session was 147 seconds (±
74 seconds). The between subject CV was much larger during the fatiguing protocol for
the LG muscle (50%) than the TA (33%). As outlined in Figure 25, the mean TTF for
females was longer across both muscles. However, this finding lacked significance as the
disparity between the two groups was not large, and the variability in their TTF was quite
pronounced.
Mean Time to Fatigue
300 -|
•#r 250 3

200 O F e m a le s
■ M a le s

O v e r a ll

Figure 25. Mean Time to Fatigue ± SD, expressed as absolute values.
4.7.2 Mean Power Frequency (MPF)
The ANOVA for MPF revealed significant main effects for gender [F (1, 27) =
7.93, p < 0.05] and level [F (1, 27) = 155.25, p < 0.05]. Post-hoc testing for gender
revealed a significant difference in the overall MPFs of the female and male subjects,
where female MPFs were on average 133 Hz, and male MPFs were approximately 114
Hz (Figure 26). Post-hoc tests for level indicated that the MPF value prior to fatigue (142
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Hz) was significantly higher on average than the MPF value after fatigue was induced
(105 Hz).
A v e r a g e M e a n P o w e r F r e q u e n c y (MPF)

TA b e fo re
F atigue

TA a fte r
Fatigue

LG b e fo re
Fatigue

LG a fter
Fatigue

M u s c le w ith L e v e l

Figure 26. Average MPF values (Hz) ± SD, expressed as absolute values.
Although main effects were found for both gender and level, the main goal of
using MPF to indicate fatigue was to look at the change in MPF, which can be seen in
Figure 27. These data show very consistent mean decreases in MPF of 27% in the TA
muscle, and 26% in the LG muscle. In addition to the overall findings across muscle, the
changes in MPF are still consistent when they are broken down for gender. It was noted
that the decrease in MPF for the TA muscle was 26% for males and females. The
decrease in MPF seen in the LG muscle was 27% and 26% for females and males,
respectively.
Average D ecreases in Mean Pow er Frequency
(MPF)
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Figure 27. Average Decreases in MPF ± SD, expressed as a % change.
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4.7.3 Visual Analogue Scale (VAS)
A significant main effect for muscle [F (1, 27) = 5.13, p < 0.05] revealed that on
average, the subjects felt more fatigue during session 2 than they did during session 1.
The subjects scored their LG muscle fatigue at 91 mm out of a possible 100 mm point
VAS, while an average score of 86 mm was used to describe the fatigue felt within the
TA muscle after the fatiguing protocol. In addition, there was very little difference in the
scores used by males and females when describing their fatigued state within their
muscles (Figure 28).

m F e m a le s
■ M a le s

Muscle

Figure 28. VAS scores ± SD, expressed in mm out of a possible 100 mm.
4.7.4 Correlations between Fatigue Parameters: TTF, MPF, and VAS
There were no strong correlations linking any of the Fatigue Parameters (TTF,
MPF, and VAS) to one another (Table 5).
Table 5. Correlations (r =) between Fatigue Parameters: Time to Fatigue (TTF),
r=
TTF
MPF
VAS

TA
LG
TA
LG
TA
LG

TTF (s)
TA
LG
1
1

M P F (% |)
TA
LG
0.50
0.24
0.34
0.32
1
1

VAS (cm)
TA
LG
0.20
0.13
-0.14
-0.26
0.22
0.1
-0.07
-0.21
1
1
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Chapter V
DISCUSSION
5.1 Overview
Significant main effects for m uscle and activation state were found for all impact

and tibial response parameters. A significant interaction between muscle and activation
state were also revealed for each of these parameters.
Subjects were able to consistently deliver the activation states that they were
asked to perform. Impact force and electromyography prior to impact both significantly
increased with increasing activation states. Peak tibial acceleration displayed small
increases as the activation state increased during session one. Acceleration slope
increased from the baseline level to 60% of the MAS during the first session, while the
opposite findings were noted during the second session. Similar opposing findings were
seen in the time to peak acceleration, which decreased in session one and increased in
session two, as the activation state increased.
Significant decreases in the impact forces and the electromyography prior to
impact were seen during the fatigued condition, as compared to 60% of the MAS. Peak
acceleration significantly decreased at fatigue when compared to baseline during session
one. The time to peak acceleration significantly increased from the baseline values
during the fatiguing condition for females during session one. Acceleration slope at
fatigue also decreased compared to baseline values (however not significantly).
During the fatigued state, significant decreases were seen in mean power
frequency and subjects reported more fatigue during session two than in session one.
Mean power frequency values for the female subjects were slightly higher than the male
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subjects prior to fatigue. However, the relative decreases in mean power frequency were
similar for the two genders.

5.2 Hypotheses Revisited
Hypothesis #1: Av the activation level at impact in each muscle rises from 15%, to 30%,
to 45%, to 60% (of the MAS), the muscle will become more rigid, and will be less
equipped to attenuate impact shock. Therefore, as the activation level o f the muscle
increases, the magnitude o f peak tibial acceleration and rate o f increase in the
acceleration slope will be greater, and the time taken to reach peak tibial acceleration
will decrease.
This hypothesis can be accepted due to the occurrences observed during session 1,
but cannot be accepted based on the findings during session 2. The human
musculoskeletal system attenuates and dissipates shock waves travelling upwards through
the body caused by foot-ground contact (Voloshin et al., 1998). In 2002, Pain and Challis
found an increase in the peak impact forces, and a decrease in the time to the peak force
as the stiffness in a muscle increased. It has also been noted that the amount of stiffness
associated with the leg may depend on the amount of activation in the leg muscle (Farley
& Gonzalez, 1996; Nigg & Liu, 1999). Therefore, the level of leg muscle activation
during impact may have a large effect on the magnitude of the force that is attenuated
through the body, and in this case, the amount of acceleration measured at the knee. Prior
to this research, tuning properties had yet to be studied through the voluntary
manipulation of the activation state of a muscle by measuring the effects on the tibial
response parameters: PA, TPA, and AS.
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Overall, there were significant interactions between muscle and activation state
for all of the tibial response parameters. PA values showed slight increases as the
activation state within each muscle increased, however, the variability within this
parameter likely contributed to the lack of significant findings. The three-way interaction
between gender, muscle and activation state for AS revealed a steady rise as the
activation state increased from the baseline state through to 60%. Each of these findings
support the premise that increasing the stiffness of the leg muscles may create a
disadvantage when trying to attenuate the shock waves generated through impact. During
session one, the 30% and 45% activation states displayed significantly greater AS values
than that seen at baseline in the female subjects. The male AS values were not
significant, but the same increase in AS with increased activation state was seen in
session 1.
Session 2 showed the opposite findings to those noted in session 1: for each
gender, the AS decreased with an increase in the activation state within the LG. During
the second session, the subject was instructed to plantarflex their foot to a given
percentage of their MAS (15%, 30%, 45%, or 60%) while impacting the force platform
with their heel. In order to enable direct heel impact when the subject was plantarflexing,
a strap was needed to hold their foot in a dorsiflexed position. Although the strap was
necessary for this action to take place, its use resulted in a ‘double hump’ phenomenon in
the acceleration waveform as the forefoot of the subjects struck the force platform prior to
the heel. PA was unaffected by this phenomenon, however, the TPA had to be measured
from the lowest point after the first hump in the curve. This created unusually longer
TPAs in some subjects due to the roll-off after the first hump, but was the only
standardized method to create consistency in determining the TPA. The end result of this
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phenomenon was higher TPAs, thus altering the values of the ASs during the second
session for some subjects.
A significant three-way interaction between gender, muscle, and activation state
was also found for TPA. There was a small, yet steady decrease in the TPA from the
baseline state to 60% of the MAS within session 1. This agrees with the findings of Pain
and Challis (2002) that an increase in the stiffness of a segment decreases the time taken
to reach peak force, and in this case the time taken to reach the peak tibial acceleration.
As the leg muscles became stiffer through the increased activation state required of the
subjects, the TA muscle became less equipped to attenuate the impact shock wave,
resulting in the decreased TPA. The decreases in TPA with increased activation state
during session 1 did not reach significance for either gender, but a distinct pattern was
witnessed. Similar to AS, opposing findings for TPA in session 2.were seen as the
activation state within the muscle increased from the baseline state to 60% of the MAS.
An increase in the peak impact force had previously been shown to increase
muscle stiffness, resulting in higher peak impact forces measured at the elbow (Pain &
Challis, 2002). In 1999, Nigg & Liu hypothesized that a change in muscle activity could
alter the stiffness and damping of the human body, which would affect the impact force
peaks during running. Taken together, it seemed reasonable that with an increased
activation state, the leg would become stiffer, and the peak accelerations seen at the knee
would increase.
Hypothesis #2: Greater attenuation o f the impact shock o f the leg will occur following
local muscle fatigue, reflected in significant decreases in the peak tibial acceleration and
the acceleration slope following fatigue, as compared to the baseline activation state. In
addition, there will be an increase in the time taken to reach the peak tibial acceleration.
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This hypothesis can be accepted based on the data obtained during session 1, but
cannot be accepted based on the findings during session 2. The majority of research in
this area has been completed using the PETCO 2 to measure the occurrence of WBF.
When fatigue was assessed in this way, increases in the acceleration values at the knee
were shown, suggesting that the body becomes less equipped to attenuate the impact
forces when fatigued (Mizrahi et al., 2001a and b; Verbitsky et al. 1998; Voloshin et al.,
1998). When LMF was induced in a treadmill running exercise, Christina et al. (2001)
noted changes in the impact forces, the loading rate, and joint angles; variables that are all
responsible for changing the attenuation of impacts through the alteration of the body’s
ability to dissipate shock waves.
Using a human pendulum approach (Lafortune & Lake, 1995), Flynn et al. (2004)
were able to induce LMF within the TA and LG muscles without altering the joint angles,
or substantially changing the impact forces and velocities (all of which are controlled
through the use of the pendulum method). The combination of consistent impact
parameters, coupled with LMF within the muscles showed decreases in the magnitudes of
the PA and the AS (Flynn et al., 2004). Although significant differences were not seen in
the TPA with fatigue, an increase in the TPA was noted in the TA muscle of the younger
and older subjects, and in the LG muscle of the younger subjects after fatigue (Flynn et
al., 2004). This corresponds to the findings of Pain and Challis (2001) who found that
rigid structures were not able to dissipate as much energy as their less stiff counterparts,
the wobbling masses.
The findings from this study agree with those noted by Flynn et al. (2004): there
was greater attenuation of the impact forces, as measured as accelerations at the knee
following fatigue. The PA values significantly decreased from 12.1 g (±1.4 g) to 9.6 g
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(±1.7 g) between the baseline and fatigue states during session 1, highlighting the ability
of the fatigued wobbling mass (the TA) to attenuate the impact force as it travelled
through the leg toward the knee. This shows a decrease of 2.5 g (21%) on average, an
even larger difference than that found in the younger subjects by Flynn et al. (2004) of 1.7
g (13%). The PA values during session 2 did not appear to decrease at all, but virtually
remained unchanged, with a small increase from 12.7 g (±1.7 g) to 13.0 g (±1.8 g).
AS showed marked decreases during fatigue of approximately 16% and 15%
during session 1 and 2, respectively. However, these decreases in AS were not
significantly different between the baseline and fatigue states for either gender. The
female AS values were significantly different at fatigue, when compared to 15% through
60% of the MAS. The large amount of variability (-30% CV) within the AS variable
may have contributed to the lack of significance despite appreciable decreases in AS.
TPA increased on average approximately 14% in the female subjects when the
muscles were locally fatigued, indicating that the leg muscles became less stiff during the
fatiguing protocol. The TPA at fatigue during session 1 for the female subjects was
significantly greater than the TPA at baseline. A surprising finding was that the TPA for
the male subjects actually increased 3% on average when locally fatigued during session
1 (while in actuality, the values were statistically the same at baseline and fatigue).
Hypothesis #3: Gender differences will be found in all tibial response parameters
measured at the knee, including the peak tibial acceleration, the rate o f increase in the
acceleration slope, and the time taken to reach peak tibial acceleration.
This hypothesis is accepted for the AS and TPA parameters, but cannot be
accepted for the PA parameter. It was expected that when examining the activation
states, significant gender differences would be seen because Wakeling & Nigg (2001b)
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found that gender plays a role on the frequency and damping coefficients during isometric
tests. This was anticipated to especially hold true during fatigue, based on the fact that
males tend to fatigue more rapidly than females. This is due to the increase in the
absolute force required as a result of their larger muscle masses (on average) (Hicks et al.,
2001; Hunter et al., 2004; Hunter & Enoka, 2001). A significant main effect based on
gender was found for AS, indicating that females on average, had AS values that were
22% greater than the males. This gender effect was incorporated into a three-way
interaction with muscle and activation state. The AS findings during session 2 were
similar for males and females; however, the male AS values during session 1 were
statistically the same, while females showed significant increases in AS with increased
activation states, followed by a decrease in AS at fatigue.
Significant interactions between gender and muscle, and gender and activation
state were revealed for TPA. A higher-order three-way interaction between gender,
muscle, and activation state was also seen. The same TPA trends were noted for males
and females during session 2. However, once again, the female subjects TPA values were
significantly greater at fatigue compared to baseline; whereas the male values were the
same.
Hicks et al. (2001) suggested that gender differences found during fatigue
protocols were the result of the differences in muscle mass between males and females.
Even when the same relative force was used [i.e. the same percentage of maximal force
(in this study, 50% of the MAS during the fatigue protocol)], males typically showed
larger absolute forces due to their larger muscle masses, which resulted in greater
metabolic demand and available oxygen, creating a reduced time to fatigue when
compared to women in general (Hicks et al., 2001). The subjects in this study were not
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matched for strength, and males had significantly greater masses and BMI’s than the
females, which might have caused an increase in the absolute forces of the male subjects
even though their relative forces were standardized as a percentage of the MAS. Over the
course of the fatiguing protocol, the muscles of the male subjects would have been
activated to a greater (absolute) extent. This may have created a reduced susceptibility to
the decreased stiffness of the wobbling mass exhibited during LMF, as evident in the
female subjects in this study, as well as the female subjects in Flynn et al. (2004).
The fatigue parameters displayed some gender effects: female subjects had a
larger overall MPF value (133 Hz) than the male subjects (114 Hz). However, the overall
change in the MPF after fatigue was approximately 26% across each muscle for both
genders.
Females, on average, had a longer TTF for the TA muscle (141 s ± 35 s) and the
LG muscle (156 s ± 85 s) than the male subjects [TA: 117 s (± 43 s); LG: 136 s (± 54 s)].
These trends, agree with Kent-Braun’s (2002) reasoning that gender effects based on the
metabolic response to exercise (i.e. decreased pH and increased inorganic phosphate
found in men) would cause men to fatigue faster than women. The higher absolute forces
required of the male subjects (due to their larger muscle masses, on average) may have
induced higher metabolic fatigue within the muscles in question, rendering briefer TTF
results. Significant differences between the two genders may not have been noted due to
the high variability in the time taken to fatigue.
In addition to these findings, no significant differences were seen in the VAS
scores used by the male and female subjects to describe the fatigue they felt within their
muscles. This is logical, because each gender was asked to contract their muscle to the
same percent of their MAS. As a result, the relative amount of effort required was equal
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for the two genders, so the description of the fatigue they felt within their muscle would
have been similar.
Hypothesis #4: The lateral gastrocnemius muscle will attenuate the shock from impact
more than the tibialis anterior muscle during the individual activation states, and
following local muscle fatigue. The magnitude o f peak tibial acceleration and rate o f
increase in the acceleration slope will be less fo r the lateral gastrocnemius, while the
time taken to reach peak tibial acceleration will increase over that o f the tibialis anterior.
Based on the findings in this study, this hypothesis cannot be accepted. It seemed
reasonable to assume that the tibial response parameters measured at the knee would be
affected by the wobbling masses of the TA and the LG. In 2003, Holmes showed that the
magnitude of the mass of the LG and TA muscles did not affect the tibial response of the
leg. However, the interaction between the magnitude of the mass and the activation state
of the muscle was not explored in that study, and differences in the magnitude of the
masses, coupled with the activation states were expected to show significant differences
between the two muscles.
There was a significant main effect for muscle, based on peak impact force: on
average, the force at impact during session 2 was 2.56 BW, compared to 2.17 BW during
session 1, a difference of approximately 15%. Likely, this difference occurred when the
strap was added during the middle activation states (15% through 60%) in session 2. This
possibly created a more rigid leg structure, thereby increasing the force at impact. This is
not representative of what would normally occur in the absence of the strap, and for this
reason, some of the findings during session 2 (the tibial response parameters during the
middle activation states) should only be directly compared to those obtained during
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session 1 with caution. The baseline and fatigue activation states did not require the use
of the strap, and therefore can be directly compared.
Significant muscle main effects were seen in each of the tibial response
parameters; two-way interactions between muscle and activation state were seen for each
parameter; and a three-way interaction between gender, muscle, and activation state were
found for TPA and AS. However, the findings are contradictory. The PA values during
session 2 were on average 10% higher than the PA values noted in session 1. It would be
expected that the same trend would be seen in the AS parameter, however, the AS values
during session 1 were on average 22% higher than those seen in session 2. In addition to
this, the TPA values during session 2 were on average 24% longer than those observed
during session 1. The findings for TPA and AS were probably indicative of the
experimental setup.
When the effect of muscle is examined between the baseline and fatigued
activation states, the strap used during the middle activation states becomes irrelevant.
During session 1, an overall decrease in PA of 21% between the baseline and activation
states was seen, while session 2 showed a small increase of 2%. The TPA increased by
approximately 5% during sessions 1 and 2. In addition, the difference between the
baseline and fatigued conditions for the AS were also minimal, displaying a decrease in
the AS of 16% during session 1, and a decline of 15% in session 2. These findings agree
with previous literature, that the magnitude of the mass of the TA and LG muscles do not
affect the tibial response parameters (Holmes, 2003); and that attenuation differences
and/or changes between these two muscles were not statistically significant during fatigue
(Flynn et al., 2004). The contradictory findings lead to the conclusion that there is no
difference between the two muscles; however, the fact that significant results were noted
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for PA indicates that further investigation is warranted. In order to accomplish this and
examine the different activation states used in this study, a new strap or restraining device
would have to be developed. To examine the effect of LMF between the two muscles, the
experiment could be repeated using only the baseline states and fatigued states,
comparing them directly to verify the data.

5.3 Comparisons with Previous Studies
This was the first study, to our knowledge, that examined the effect of different
activation states on the tibial response parameters measured within the leg. Previous
studies have examined the effect of different “stiffness” levels within a segment; Pain
and Challis (2002) had a subject perform downward straight strikes with their arm over
three impact conditions: light, “stiff’ arm muscles, and rigid (muscles as stiff as possible).
Overall, they noted that increasing the “stiffness” of the muscles iiicreased the peak
impact force and decreased the time to peak impact force measured at the elbow (Pain &
Challis, 2002). In 2001, Wakeling & Nigg (a, b) performed two experiments using a
wooden mallet to deliver oscillations to the soft tissues in the leg. Not only were the
frequency and damping coefficients affected by increasing the activation state within the
muscles, but the mean frequency of the free vibrations increased in each subject as the
activation state rose from 0 to 50 to 100% of the subjects MVC (Wakeling & Nigg,
2001a, b). Although these methods provided a glimpse into the interactions between the
muscle and its activation state, we wanted to accurately quantify the effect of muscle
activation state on tibial accelerations after traveling through the leg.
For an in-depth analysis of prior studies employing similar protocols to this
experiment, please refer to Appendix A. Overall results of this study, compared with
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previous studies, are summarized in Table 6, where the tibial response parameters during
the baseline activation state (non-fatigue) and the fatigued state were examined.
Table 6. Comparison of the means (SD) of the Tibial Response Parameters during this
study with previous work.
PF= peak impact force; PA= peak tibial acceleration; TPA= time to peak tibial
acceleration; AS= acceleration slope; NF= non-fatigued state (baseline); F= fatigued
______________________ state; Session 1= TA; Session 2= LG.___________________
Reference
PF (x BW)
TPA (ms)
AS (g/s)
PA (g)
NF

F

NF

F

NF

F

NF

F

Current Study
Session 1

2.20
(0.25)

2.15
(0.25)

12.11
(1.4)

9.56
(1.7)

9.0
(2.2)

9.4
(2.7)

1703
(549)

1423
(679)

Current Study
Session 2

2.21
(0.23)

2.30
(0.23)

12.73
(1.7)

13.03
(1.8)

8.4
(1.9)

8.9
(2.0)

2095
(801)

1790
(757)

Flynn et al.
(2004)
Session 1
Flynn et al.
(2004)
Session 2
Lafortune &
L ake(1995)

2.35
(0.3)

13.28
(3.7)

12.09
(3.1)

10.1
(5.0)

10.9
(6.0)

3067
(1488)

2416
(1363)

2.35
(0.3)

13.21
(4.5)

11.95
(3.5)

9.7
(2.0)

10.2
(4.0)

2843
(1883)

2589
(1759)

2.00
(0.2)

6.40
(0.7)

16.1
(1.7)

11.20
(3.1)

31.0
(6.0)

8.80
(2.6)

23.7
(4.1)

9.40
(4.0)

22.5
(5.5)

Lafortune,
Henning, &
Valiant (1995)
Lafortune,
Lake, &
Hennig (1996)
Lafortune,
Hennig, &
L ake(1996)

671
(220)

1150
(930)

The impact forces and tibial response parameters measured in this study
correspond to previous findings of various authors. The pendulum impact forces during
the baseline state are remarkably close to the values of Flynn et al. (2004) and Lafortune
and Lake (1995). This was expected, as the same restrictions were placed on force during
each of these studies (1.8 - 2.8 x BW). Each of the dependent variables (PA, TPA, and
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the AS) all fall within the normal ranges of those reported in the literature. The data in
the current study most closely align with that of Flynn et al. (2004), as the same
experimental apparatus and protocol was used during session 1. The values obtained
during session 2, especially for the PA, do not display the same drop between the baseline
and fatigued states, as was the case during session 1 of both studies. This may be a result
of the difference in the fatiguing protocols: in this study, slight modifications were made
so that the subjects were able to isometrically plantarflex against the resistance of the
force platform (which was strapped to the pendulum apparatus to prevent unwanted
movement); or, may be indicative of the amount of dorsiflexion subjects employed during
the fatigue impacts. However, the TPA and the AS values correspond nicely to previous
data, and show the expected increase and decrease in their values, respectively, when
fatigued.

5.4 Variability
5.4.1 Subject Anthropometries
Females had an average height and mass of 1.65 m (±0.09m) and 60.8 kg (±7.7
kg); while the male averages were 1.82 m (± 0.06 m) and 82.5 kg (± 12.6 kg) for height
and mass, respectively, which were all statistically different (p < 0.05). Although BMI
was shown to be significantly different between the two genders [with values of 22.2
kg/m2 (± 1.9 kg/m2) and 24.9 kg/m2 (±3.1 kg/m2) for the females and males], the mean
BMI values fell within the ‘normal’ BMI range of 18.5 to 24.9 kg/m2 (Health Canada:
Office of Nutrition Policy & Promotion, 2005).
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5.4.2 Impact Parameters: Velocity and Force
The overall finding for velocity was that it was a reliable input parameter, as it
was consistent across all trials and sessions. The interaction (muscle x activation state)
revealed no significant differences during session 1; however, during session 2, the
impact velocities during the middle activation states were significantly lower than those at
baseline and fatigue. This finding, although statistically significant, bears little functional
relevance, as the ranges in impact velocity were 1.00-1.01 m/s and 0.97-1.02 m/s during
sessions 1 and 2, respectively.
The overall mean peak impact velocities fell within the specified range of 1-1.15
m/s. However, it was deemed acceptable to allow some subjects to drop below 1.00 m/s
to ensure that their impact forces remained within the 1.8-2.8 x BW range, and to make
certain that their accelerations were kept within the specifications of the instrumentation.
This was believed to be justified because even the lowest impact velocities did not stray
far from the optimal range of l-1.15m/s, and the velocities themselves were very
consistent within and between subjects.
While the state of activation was increasing within the muscle, impact forces
tended to increase. The average change in the impact forces between 15% and 60% of
the MAS was approximately 0.27 x BW and 0.42 x BW for sessions 1 and 2, respectively.
Across all activation states, the impact force mean was 2.41 x BW, which corresponds to
impact forces previously seen by other authors (Table 6).
5.4.3 Electromyography prior to Impact
When asked to contract their muscle (TA or LG) to a certain percentage of their
MAS, the subjects’ consistently excelled at the task. All activation states during session 1
were significantly different from one another, except the baseline, 15%, and fatigue
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states. This was because subjects on average dorsiflexed to almost 17% during baseline.
By asking them to dorsiflex to 15% of their maximum activation state (MAS), they were
forced to contract to a lesser degree than their normal state. This decrease at 15% was
reflected in some of the tibial response parameters, relative to those at baseline and 30%
of the MAS. During session 2, all activation states were significantly different from one
another, except the baseline and fatigued states, in which subjects were not asked to
plantarflex to a certain percentage of their MAS, but were simply asked to dorsiflex their
foot enough to make direct heel contact with the force platform. Females on average
activated their muscles to 30.7%, while males activated to 28.2%. This finding is not
functionally relevant, as the overall activation levels were not in question for this study,
and each activation level was successfully attained by each gender. The
electromyography prior to impact was a significant contribution to the literature, as no
other work to our knowledge has examined the effect of specific voluntary activation
states on tibial response parameters.
5.4.4 Co-activation prior to Impact
The interaction (muscle x activation state) seen during the co-activation prior to
impact mirrors the results found during electromyography prior to impact: an increase in
co-activation with an increased activation state. The more important finding was that co
activation was kept to a minimum, with maximum levels of 9% and 24% of the MAS for
the LG and TA, respectively.
5.4.5 Overall Variability
As was previously noted, there were large standard deviations associated with
each of the three tibial response parameters. This variability was especially high in the
AS parameter, which displayed CVs of approximately 30% between and within subjects.
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The fact that these CVs were similar for the remaining two dependent variables (PA~15%
and T P A -15%) indicated not only large differences between the subjects, but also that
there were discrepancies in the values obtained within each subject. This is similar to the
findings of Flynn et al. (2004) and Andrews and Dowling (2000), where within subject
variability in either impact velocity or force may have led to changes in PA of up to 21%.
In this study, a small change in the peak impact force of 3% may have led to a much
greater increase in the AS of 19%. In an attempt to combat this variability, great care was
taken to ensure that the release of the pendulum occurred at the same location each time,
that subjects were instructed to dorsiflex their foot just enough to make direct contact on
the force platform with their heel, and that the same procedure was used for each subject.
However, variability is a part of the normal locomotion situation and human testing in
general, and this was reflected in our findings.

5.5 Fatiguing Parameters
5.5.1 Mean Power Frequency (MPF)
The main purpose of using EMG during the fatiguing protocol was to establish a
relationship between the MPF values and fatigue. A decrease in the MPF of at least 15%,
coupled with other fatigue indices, was used as an acceptable indication of LMF (Flynn et
al., 2004). To reduce errors when quantifying fatigue, Christensen et al. (1995) suggested
that LMF could only be defined when there was a decrease in the MPF of at least 8%,
otherwise, the fatigue could be due to other confounding factors. Ament et al. (1993) saw
a shift of the power density spectrum (PDS) to lower frequencies during isometric
contractions, and found an average drop of 15.7% in the LG muscle to be an acceptable
sign of fatigue.
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During this study, remarkable consistency across both sessions and genders was
seen in the average decreases in the MPF. A MPF decrease of 27% was observed in the
TA, while a drop of 26% was noted in the LG. These values are representative of the
values found in the younger (20-25 years) subjects in Flynn et al. (2004), where a 24%
and 30% decrease in MPF was recorded in the TA and LG muscles, respectively.
5.5.2 Visual Analogue Scale (VAS)
There was very little difference in the VAS scores used by males and females
when describing their fatigued state within their muscles. Females scored fatigue at 84
mm during session 1, while males scored fatigue at 87 mm. During session 2, each
gender scored their overall fatigue at 91 mm out of a possible 100 mm VAS.
5.5.3 Correlations between Fatigue Parameters: TTF, MPF, and VAS
There were no strong correlations linking any of the fatigue parameters to one
another. This provides stronger evidence for the use of the combination of MPF, visual
signs of fatigue, and the inability to maintain the required percentage of activation to
indicate the occurrence of fatigue. All subjects scored the fatigue that they felt close to
the ‘worst possible fatigue’ portion of the VAS. This is most likely because the fatiguing
protocol was not stopped until several of the indices of fatigue were satisfied.
It is not surprising that the TTF did not strongly correlate to either of the other
fatigue parameters (VAS and MPF). The compression of the PDS, and the shift from
high frequencies to low frequencies, resulting in a decrease in MPF, is often described as
being the product of a decrease in conduction velocity (cv). Cv can be defined as the rate
of action potential propagation along a membrane. The composition of the muscle which
is being tested will affect the cv: if it is comprised of more fast-twitch fibers than slowtwitch, this is usually associated with an increase in cv, which would therefore result in a
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higher MPF. However, the general consensus is that fast-twitch fibers fatigue much more
rapidly than slow-twitch, which would create a much more rapid decrease (steeper slope)
in MPF during fatigue. The subject with more fast-twitch fibers would still feel as though
the fatigue they experienced was close to the ‘worst possible fatigue’, and this would be
reflected in their VAS score. However, this would produce a brief TTF, which might not
correlate to the subject’s VAS score, or to the percentage of decrease in their MPF.

5.6 Functional Significance and Application
This study examined the effect of different activation states, including LMF, on
the ability to attenuate the forces incurred during heel impact. The wobbling mass of the
leg is mainly composed of muscles, and plays a large role in the attenuation capabilities
within the segment. This research demonstrated substantial increases in impact forces
with increasing activation states (from baseline to 60% of the MAS), which was reflected
in increases in the PA and AS, and decreases in the TPA during session 1. These findings
would be of particular importance to athletes, especially those required to increase their
running velocity by increasing stride frequency. It has been noted that the stiffness of the
leg may be increased more than two-fold during forward running (Ferris & Farley, 1997;
Farley & Gonzalez, 1996). The increased stiffness would be represented as an increase in
the activation state, which may alter the tibial response parameters through an increase in
the impact forces. An increase in leg stiffness would decrease the amount of force
attenuation, and each running stride would produce more jarring forces as running
velocity increased. ‘Muscle tuning’ is the term often used to describe the increase in
impact forces with anticipated changes in muscle activity (Nigg & Liu, 1999; Wakeling et
al., 2001; Wakeling et al., 2003). In past research, muscle tuning has been used to alter
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soft tissue vibrations to create impact forces that are different than the resonant
frequencies of the soft tissues of the leg, minimizing the resonance of these tissues (Boyer
& Nigg, 2004; Wakeling et al., 2003). Runners often adjust the stiffness within their leg
to accommodate a change in surface stiffness (Ferris & Farley, 1997), which would then
have an impact on the accelerations measured at the knee.
When the TA was fatigued, a decrease in the PA and AS, coupled with an increase
in the TPA suggested that the muscle became less stiff, and the wobbling mass was better
equipped to attenuate the impact forces. Session 2 did not reflect these findings as well,
due in part to the experimental setup. The information obtained when the TA was
fatigued is important for athletes who participate in long runs that would induce fatigue in
either the TA or the LG muscles, or during activities that specifically target these
muscles, such as hockey and soccer.
Subjects were able to consistently contract their muscles to a given percentage of
their MAS, while minimizing the amount of co-activation occurring at the same time.
Future research may use this finding to examine wrist impacts due to trips and falls, to
determine the optimal level of activation to attenuate the forces traveling up the arm
segment upon impact.

5.7 Limitations
The human pendulum approach (Lafortune & Lake, 1995) allowed the delivery of
consistent impact velocities, and the maintenance of a constant knee angle (of
approximately 0°) during all impacts. However, the dorsiflexion angle used by each
subject could not be accounted for during the impacts. Consistent instruction was given
prior to each impact for every subject to dorsiflex their foot just enough to allow direct
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heel impact with the force platform. However, differences in ankle flexibility, foot shape
and size, and the amount of foot arch would have all contributed to differing foot angles.
In 1995, Gerritsen et al. determined that foot angle had an effect on both the impact peak
force and on the loading rate, with increases in each as dorsiflexion increased. This also
corresponds to the findings of this study, that an increased activation state within the TA
(through an increase in dorsiflexion) resulted in increases in the impact forces and the AS,
and decreases in the TPA. A future study could address this issue through the use of
high-speed video analysis, to determine if ankle angle significantly affected the tibial
response parameters.
Heel pad thickness and strength matching across gender was not accounted for in
this study. Future work may want to match subjects based on heel pad thickness (to
account for possible differences in attenuation capabilities); and perhaps extend the
subject matching based on gender, strength, leg length, and mass.
The most prominent limitation of this study was the apparatus used during the
middle activation states (15%-60% of the MAS) during session 2. The strap system
allowed subjects to plantarflex to the required activation state, while still maintaining
enough dorsiflexion to impact the force platform directly with their heel. The goal of the
strap was accomplished, however, brief, but consistent forefoot impacts were also noted.
A more rigid resistive device might help to ensure consistent ankle angles and direct heel
impacts, and should be studied in the future. The strap would still have to be light and
flexible enough to allow the subjects to plantarflex to the required activation state.
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5.8 Future Directions
Gender differences were found in the tibial response and impact parameters of this
study. Future studies may want to match subjects of each gender based not only on
strength, but also on leg length, circumference, mass, and possibly heel pad thickness.
The findings of this study should transfer to other segments of the body, namely
the arm segment. Different levels of activation could be induced to determine the effect
on attenuation of impact forces within the upper extremities.
The definition of fatigue, based on MPF, deserves further consideration. The
general consensus indicates that a shift in the PDS, reflected by a decrease in the MPF of
approximately 10-15%, is a significant indicator of fatigue. This study, and the findings
of Flynn et al. (2004) challenge this assumption. Nearly every subject displayed a decline
in MPF of between 20-30% of their original values, indicating that a new standard may be
set when attempting to determine when a significant decline in MPF within the leg is
achieved.
The decline of the MPF during fatigue could be linked with the physiological
determination of muscle composition through tissue biopsies. Vast differences in the
slopes of the declining MPF values were seen between subjects. It is believed that the
TTF and MPF variables would display much stronger correlations if the data could be
segmented into three groups prior to correlation analyses: predominantly fast-twitch
fibers, predominantly slow-twitch fibers, and an evenly distributed fiber-type group.
Although this would require a more invasive experimental setup, valuable information
could be extracted from the data.
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Chapter VI
CONCLUSIONS
The effect of changing the activation state within the dorsiflexor and plantarflexor
muscles on the tibial response parameters was analyzed. Based on the data, the following
overall conclusions can be made:
• All impact and tibial response parameters showed significant main effects for muscle
and activation state, as well as an interaction between these two factors.
• During session 1, the peak acceleration significantly decreased across both genders,
while the time to peak acceleration significantly increased at fatigue when compared to
baseline in the female subjects. The acceleration slope also substantially decreased at
fatigue when compared to baseline in the female subjects.
• The general trends with increased activation states (from baseline to 60% of the MAS)
were an increase in peak acceleration and acceleration slope, with a decrease in the time
to peak acceleration during session 1.
• The lateral gastrocnemius (session 2) did not follow the same pattern as the tibialis
anterior, and was much more variable in response to the impacts. However, when the
muscles were locally fatigued, a decrease in the acceleration slope was measured at the
knee.
• The male subjects displayed the same overall trends as the females.
• Subjects were able to consistently deliver a required percentage of their maximum
activation state, while minimizing the amount of co-activation during heel impacts.
• Consistency in the impact parameters (force and velocity) were also made possible
through the use of the human pendulum apparatus.
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Appendix A: Comprehensive examination of studies employing different Impact Methods.
Reference
Methods
Topics Examined
Findings
Lafortune
& Lake
(1995)

Expansion

- PA, TPA, and Transient
Rate [(TR) i.e. Load Rate]

- Mean values (SD) for PA, TPA, and
TR were 6.39g (0.7), 16.1ms (3), and
671g/ms (220), respectively

- Use PA, TPA, and LR
values obtained from the
accelerometer.

Lafortune,
Henning, &
Valiant
(1995)

-1 0 Male Subjects
- Shod Human Pendulum
- Accelerometer (ACC)
used to measure shank
acceleration (SA)
- 5 Male Subjects
- ACC placed on the tibia
- Shod Treadmill
Running

- PA & TPA

- Mean values (SD) for PA and TPA
were 11.2g (3.1) and 31ms (6.0)

Lafortune,
Lake, &
Hennig
(1996)

-17 Male Subjects
- Human Pendulum
- ACC used to measure
SS

- PA & TPA
- Tested Three Velocities:
0.90m/s, 1.05m/s, 1.2m/s
- Interfaces: soft (S) vs.
hard (H)
- Knee Angles: 0720740°

Lafortune,
Hennig, &
Lake
(1996)

- 21 Male Subjects
- Shod Human Pendulum
- ACC used to measure
shank shock (SS)

- Peak Acceleration (PA),
Time to Peak Acceleration
(TPA), Loading Rate (LR)
- Knee Angles: 0°/20°/40°
- Interfaces: soft (S), hard
(H), bare (B)

Flynn et al.
(2004)

- 24 Female Subjects (12
Older/12 Younger)

- PA, TPA, and
Acceleration Slope (AS)

- PA | from 6.74g to 11.08g; and TPA
J, from 24.9ms to 22.2ms as velocity |
- PA t from 6.82g to 10.90g; and TPA
J. from 25.9ms to 21.3ms between the
S and the H interfaces
- PA | from 10.2g to 16.0g; and TPA
I from 21.3ms to 18.3ms as knee
angle t
- PA | from 9.4g to 14.7g; LR t from
1.15g/ms to 2.48g/ms; and TPA J,
from 22.5ms to 19.2ms as knee anglef
- PA f from 6.9g to 16. lg; LR f from
0.63g/ms to 2.95g/ms; and TPA J,
from 24.9ms to 17.4ms as interfaces
changed from S to H to B
- Mean PA values (SD) for the TA
were 13.28g (3.7) and 12.09g (3.1);

- Use a pendulum impact
to control input
parameters (velocity,
force), because a
treadmill can create quite
variable input parameters
- Use pendulum impacts
to measure the PA, TPA,
and LR with a constant
knee angle (0°), and
interface (the force
platform)
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- Use pendulum impacts
to measure the PA, TPA,
and LR with a constant
knee angle (0°), and
interface (the force
platform)
- One of the only studies
to look at Female
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- Unshod Human
Pendulum
- ACC near Tibial
Tuberosity (TT)

- Examined Pre and Post
Fatigue (F) Values
- Looked at the Tibialis
Anterior (TA) and Lateral
Gastrocnemius (LG)
- Local Muscle Fatigue
(LMF)
- Mean Power Frequency
(MPF)

Mizrahi et
al. (2000a,
b)

- 14 Male Subjects
- Shod Treadmill
Running
- ACC near TT

Mizrahi et
al. (2001)

- 14 Male Subjects
- Shod Treadmill
Running
- ACC near TT

- Impact Acceleration
- Looked at the TA and LG
- PETC02
- Median Power Frequency
(MnPF)
- Run for 30 minutes
- Measure PA
-M PF
- Run for 30 minutes

Verbitsky
et al.
(1998)&
Voloshin et
al. (1998)

- 22 Male Subjects
- Shod Treadmill
Running
- ACC near TT

Flynn et al.
(2004)
Continued

- Measure PA
- PETCO2
- Examined F and NonFatigued (NF) Conditions
- Run for 30 minutes
- Voloshin et al. also
examined MnPF and MPF
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and for the LG were 13.21g (4.5) and
11.95g (3.5) for the pre and post
fatigue values
- TPA TA values were 10.1ms (5.0)
and 10.9ms (6.0); and LG values were
9.7ms (2.0) and 10.2ms(4.0) for the
pre and post F values
- AS TA values were 3067g/s (1488)
and 2416g/s (1363); and LG values
were 2843g/s (1883) and 2589g/s
(1759) for pre and post F
- MPF i as with F (~ 23 Hz)
- PETCO2 i as F progressed
- MnPF for the LG t with F, while
MnPF for the TA j with F
- Impact Acceleration | with F

- MPF t with F
- Impact Acceleration j with F

- PETCO2 1 as F progressed
- Impact Acceleration | with F
- Impact Acceleration remained the
same during NF
- MPF t with F, remained the same in
the NF group
- MnPF no change in F/NF conditions

Subjects
- Expand to examine any
possible gender
differences
- Examine activation
states, not only pre and
post F states.
- Also use LMF to
examine differences.
- Look at MPF changes
during F.
- Examined PETCO 2
which represents Whole
Body Fatigue (WBF).
- Expand to look at LMF
- May alter MnPF
findings
- Looked at WBF
- Expand to look at LMF
- Examine MPF with F to
ensure that F is actually
occurring.
- Examine relationship
between the F and NF
conditions on impact
accelerations
- Use a human pendulum.
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Pain &
Challis
(2002)

- One Male Subject
- Skilled in Striking
Tasks

- Measured Impact Forces
- Subject performed
downward straight strikes
with his arm
- 3 conditions: light impact,
impact with “stiff’ arm
muscles, and a rigid
condition (muscles as stiff
as possible)

- Peak vertical impact forces (SD)
were 712N (90), 1023N (112), and
806N (130) for the loose, stiff, and
rigid conditions, respectively
- Increasing the “stiffness” of the
muscles increased the peak impact
force and decreased the time to peak
impact force.

Andrews &
Dowling
(2000)

- 14 Subjects
- ACC to measure shank
accelerations
- Drop test

- Measure PA, and Rate of
tibial Accelerations [(RTA)
i.e Load Rate]

- Mean subject PA’s corresponded to
approximately 10.4 times gravity (g)
- RTA range was between 1022.7g/s
to 2676. lg/s

Wakeling
& Nigg
(2001a)

- 1 M / 1 F Subjects
- Measured soft-tissue
vibrations by placing
ACC on the muscle
bellies of the vastus
lateralis muscles of the
thigh.

- The mean frequency of the free
vibrations increased in each subject as
the activation state rose from 0 to 50
to 100% of the subjects MVC

Wakeling
& Nigg
(2001b)

- 7 M / 7 F Subjects
- Measured soft-tissue
vibrations by placing
ACC on the muscle
bellies of the TA and LG

- Tested 3 levels of muscle
activation: 0, 50, and 100%
of the subjects Maximum
Voluntary Contraction
(MVC) (visually
displayed)
- Delivered an oscillation
with a wooden mallet
- Tested 3 levels of muscle
activation: 0, 50, and 100%
of the subjects MVC
- Delivered an oscillation
with a wooden mallet
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- Frequency and damping of freevibrations were influenced in the soft
tissues by changes in muscle
activation

- Expand on the use of
different stiffness levels
in muscles (using a % of
the subjects’ maximum
activation) to examine the
effect of muscle stiffness
(or muscle activation
state) on the tibial
response parameters
(TRPs) of the leg: PA,
TPA, and the AS.
- Instead of using a drop
test, use a pendulum
impact to control input
parameters
- Examine the PA’s and
LR’s during Impact.
- Place the accelerometer
on the bone instead of on
the muscle bellies.
- Examine gender
differences by looking at
different activation states,
and their effect on the
TRPs.
- Examine gender
differences by looking at
different activation states,
and their effect on the
TRPs.

Appendix B: General Health Questionnaire
General Health Questionnaire
Please answer the following questions concerning your general state of health.
1. Have you had any prior surgeries to your feet, legs, or back?
_______ Yes

_______ No

2. Do you suffer from constant soreness in your feet, legs, or lower back?
_______ Yes

_______ No

3. Have you had any recent trauma (sprain, strain, major bruising, stitches, etc.) to
your feet, legs, or lower back?
_______ Yes

_______ No

4. Do you suffer from arthritis or any congenital abnormalities (i.e. club foot) in your
feet, legs, or lower back?
_______ Yes

_______ No

5. Do you have any current health conditions that may exclude you from this study
(i.e. high blood pressure, pregnancy)?
_______ Yes

_______ No

Please note that this questionnaire will be kept confidential. If you have answered
YES to any of these questions, it is your right to withdraw from the study by giving
the investigator the questionnaire, or, if you do not wish to disclose which question
you answered YES to, you may simply withdraw from the study, and the document
will be destroyed.
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Appendix C: Consent Form

U N I V E R S I T Y

O F

WINDSOR
CONSENT TO PARTICIPATE IN RESEARCH
T itle o f Study: The Effect of Leg Muscle Activation State and Localized Muscle Fatigue on Tibial Response
During Impact
You are invited to participate in a research study conducted by Dr. David Andrews, Dr. Jennifer Jakobi, and
Adriana Holmes, from the Kinesiology Department at the University o f Windsor. The results may contribute
to the thesis project o f Adriana Holmes.
If you have any questions or concerns about the research, please feel to contact Dr. David Andrews,
Associate Professor, Faculty o f Human Kinetics, University of Windsor (253-3000, X 2433; Room 126
Human Kinetics Building; dandrews@uwindsor.ca).

PURPOSE OF THE STUDY
The purpose o f the proposed project is to examine the differences on tibial response following alterations in
the state of muscle activation and local muscle fatigue. To date, studies have not yet examined the effect of
voluntarily manipulating the activation state of a muscle and measuring the effects on tibial response
parameters. Recent research examining the role of localized leg muscle fatigue during impact found that
when the shank muscles were voluntarily fatigued, there was a decrease in the amount o f shock measured
at the knee. The current project will build on this research by fatiguing the leg muscles voluntarily, to see if
there are differences when the muscle is fatigued, as compared to the baseline state. Properties of the
impact waveform as it travels through the leg will be measured by an accelerometer placed at the knee. Due
to the differences in activation and fatiguing properties between males and females, gender effects will also
be assessed.

PROCEDURES
Participants in this study will be divided into two gender groups and will be university aged (18-25 year old).
As a subject, your age, weight, and height will be measured during a data collection session. General health
questions will also be asked to ensure that your current and recent state of health would not put you at a risk
of injury due to the impact through your heels. In addition, verbal verification that you participate in some
form of weight bearing activity at least twice a week will be gathered.
Loads of similar magnitude to those found during running will be applied to the heel of your right (dominant)
leg, as you lie on your back on a human pendulum that consists of a lightweight cot-like structure suspended
from the ceiling by cables. You will be placed on the apparatus, and secured with straps to ensure that
unwanted movement during testing is prevented. Your foot will be impacted into a wall mounted force plate
three times for each condition (baseline activation, 15% activation, 30% activation, 45% activation, 60%
activation, and voluntarily fatigued) to assess variability. This process will be repeated for your shin and calf
muscles. Each muscle will be tested with at least an interval o f one week separating it from the other muscle,
to ensure enough time for full fatigue recovery.
To measure the effect of the segment soft tissues, an accelerometer will be placed over the bony landmark
that will represent your knee joint. The accelerometer will be secured with elastic straps and glue to ensure
that it doesn’t shift relative to the underlying skin.
Electromyography (EMG) will be used to measure the level of activity over your shank muscles. Selfadhesive electrodes will be placed on your skin overlying the muscles after the skin is cleaned using an
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alcohol wipe. You will be asked to perform maximum voluntary contractions (MVCs) by exerting each
muscle against resistance provided by an investigator or the floor.
All testing for this experiment will be conducted in the Biomechanics Lab on the second floor of the Human
Kinetics Building at the University of Windsor.

POTENTIAL RISKS AND DISCOMFORTS
The impacts that are proposed in this research are within normal limits for physiological loading. Impacts to
the heel will be of a magnitude that is comparable to that experienced during landing while running. Applied
forces such as those proposed here have been used extensively in the literature, including previous work by
the Faculty Supervisor without harm. Although the magnitude of the loading is similar to what you might
normally experience, the application of the load using a pendulum-like methodology is typically novel for
subjects. This may result in some initial surprise following impact and might therefore contribute to slight
feelings of anxiety in some people. As a result of several impacts during the testing protocol to the same
location on the foot, some mild tenderness to the area may result, but will typically not last beyond the next
day.
Some minor redness might occur to the skin underlying the accelerometers and the EMG electrodes
following testing. Any redness will typically disappear within a day’s time and does not pose any lasting risk
to you.

POTENTIAL BENEFITS TO SUBJECTS AND/OR TO SOCIETY
A direct benefit of your involvement in this study is to gain insight into Kinesiology research and experiments
at the graduate level. This study will benefit the scientific community and society because it is the first study
examining the effects of voluntarily manipulating the activation state of a muscle, and measuring the tibial
response. In addition, this study is one of very few studies (only the second study to our knowledge) that will
examine the effects of impact shock attenuation based on localized muscle fatigue in the lower extremity.
Knowledge gained will advance literature by confirming previous results, and expanding knowledge on
activation states. Gender differences have not yet been examined in this context, and are expected to show
significant differences in the amount of shock measured at the knee.

PAYMENT FOR PARTICIPATION
Subjects will receive a $50 honorarium for participation in the study. The full amount ($50) will be given after
completion of the study. If you choose to withdraw from the study, you will receive a portion of the $50,
equivalent to the percentage of the study that was completed. For example, if only one of the two sessions is
completed at the time of withdrawal, you will receive $25.

CONFIDENTIALITY
Any information that is obtained in connection with this study, and that can be identified with a given subject,
will remain confidential and will be disclosed only with your permission.
All data from your trials will be number or letter coded so individual results can not be identified by a third
party. The codes associated with your trials will only be known by the Faculty Supervisor and any Research
Assistants working on the project. Computer files will be kept on secured computers in the laboratory and in
the office of the Faculty Supervisor.
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PARTICIPATION AND WITHDRAWAL
You can choose whether to be in this study or not. If you volunteer to be in this study, you may withdraw at
any time without consequences of any kind. You may also refuse to answer any questions you don’t want to
answer and still remain in the study. The investigator may withdraw you from this research if circumstances
arise which warrant doing so.

FEEDBACK OF THE RESULTS OF THIS STUDY TO THE SUBJECTS
You will be contacted following the collection and analysis of the data by the Faculty Supervisor (or any
Research Assistant that is working on the project) if you wish to have feedback of the results of the study.
Feedback will consist of verbal descriptions of the main results as well as further elaboration of the purpose
of the study if needed. If you desire written feedback, it will be mailed to you after all the data has been
analyzed.

RIGHTS OF RESEARCH SUBJECTS
You may withdraw your consent at any time and discontinue participation without penalty. This study has
been reviewed and received ethics clearance through the University of Windsor Research Ethics Board. If
you have questions regarding your rights as a research subject, contact:
Research Ethics Coordinator
University of Windsor
Windsor, Ontario
N9B 3P4

Telephone: 519-253-3000, ext. 3916
E-mail: ethics©uwindsor.ca

SIGNATURE OF RESEARCH SUBJECT/LEGAL REPRESENTATIVE
I understand the information provided for the study The Effect of Voluntary and Stimulated Localized Muscle
Fatigue on Impact Shock Attenuation in the Lower Extremity, Using the Human Pendulum Method of Impact’
as described herein. My questions have been answered to my satisfaction, and I agree to participate in this
study. I have been given a copy of this form.

Name of Subject

Signature of Subject

Date

SIGNATURE OF INVESTIGATOR
These are the terms under which I will conduct research.

Signature of Investigator

Date

100

Reproduced with permission of the copyright owner. Further reproduction prohibited without permission.

Appendix D: Research Ethics Board Approval
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WINDSOR
O ffice o f Research Services

June 8, 2004

REB #04-101

Ms. Adriana Holmes
Department of Kinesiology
University of Windsor
Windsor, ON N9B3P4
Dear Ms. Holmes,
Subject:

“The effect of voluntary and stimulated localized muscle fatigue on impact shock
attenuation in the lower extremity”

This letter is in response to your application for ethics review of your Masters project at the
University of Windsor. The University of Windsor Research Ethics Board (REB) has reviewed the
above noted study. I am pleased to inform you that the proposal has been cleared by the Board for
a period of one year.
As indicated in the Tri-Council Policy Statement: Ethical Conduct for Research Involving Humans
you are required to do the following:
Submit a Progress Report if your project extends beyond one year;
Notify the REB when your project is completed;
Submit a Request to Revise for any modifications to your project;
Contact the Office of Research Services immediately regarding adverse events or
unexpected events.

*
?

Forms for submission/notification to the REB are available at the Office of Research Services’ Web
Site: www.uwindsor.ca/reb.
Please be sure that your supervisor completes and returns to the Research Ethics Coordinator the
enclosed sheet to indicate when your project was completed.
We wish you every success in your research.

Maureen H. Muldoon, Ph.D.
Chair, University Research Ethics Board
cc:

Dr. Dave Andrews, Department of Kinesiology
Linda Bunn, Research Ethics Coordinator
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Appendix E: Visual Analogue Scale
Visual Analogue Scale

No Fatigue

No Fatigue

Worst Possible Fatigue

Worst Possible Fatigue

How fatigued do you
feel at this moment?
Place a horizontal
line across this bar to
indicate your fatigue.

How fatigued do you
feel at this moment?
Place a horizontal
line across this bar to
indicate your fatigue.

TA

LG
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VITA AUCTORIS
NAME:

Adriana Marie Holmes (nee Duquette)

PLACE OF BIRTH:

Chatham, Ontario

YEAR OF BIRTH:

1981

EDUCATION:

Ursuline College, Chatham, Ontario
1996-1997
Tilbury District High School, Tilbury, Ontario
1997-1999
University o f Windsor, Windsor, Ontario
1999-2003 BHK (Honours Movement Science)
University o f Windsor, Windsor, Ontario
2003-2005 MHK
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